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Abstract 
This work is to utilize the superior characteristics of polymer microring resonators 
in ultrasound detection to push the application of photoacoustic imaging to an entirely 
new level. 
We first demonstrated significantly improved imaging quality for photoacoustic 
tomography (PAT) using microring detectors. For wideband PAT, the microring 
detectors were able to faithfully detect both the boundaries and the inner structure, while 
piezoelectric detectors can only preserve one of the two aspects. For high-resolution PAT 
over a large imaging area, we imaged 50 µm black beads and found that microrings 
produced high-resolution imaging over a 16-mm-diameter imaging area while the 500 
µm piezoelectric detectors only obtained high-resolution imaging over a small area 
around center. 
Pure optical photoacoustic microscopy (PAM) has been demonstrated. Microring 
ultrasonic resonators were applied in in vivo photoacoustic imaging for the first time. 
Good imaging signal-to-noise ratio and high axial resolution of 8 µm were calibrated. As 
a comparison, a commercial hydrophone with similar sensitivity produced a low axial 
resolution of 105 µm. 
 xvi 
 
A 5 mm miniaturized probe consisting of a fiber to deliver excitation laser pulses 
and microring detectors for ultrasound detection has been fabricated for photoacoustic 
endoscopy. The calibrated high radial resolution of 21 µm was higher than other types of 
endoscopic photoacoustic probes, around 40 µm or larger. 
A photoacoustic correlation spectroscopy (PACS) technique was proposed. In a 
proof-of-concept experiment, we demonstrated low-speed flow measurement of ~15 µm/s 
by the PACS technique. We also demonstrated in vivo flow speed measurement of red 
blood cells in capillaries in a chick embryo model by PACS. Other techniques might have 
difficulties to measure it due to the low signal contrast and/or poor resolutions. 
We also proposed terahertz electromagnetic pulse detection by photoacoustic 
method. We used carbon nanotube composites as efficient photoacoustic transmitters and 
microrings as sensitive detectors. The photoacoustic method provides low-cost and real-
time terahertz detection (~µs), which is difficult by conventional terahertz detectors, such 
as a bolometer or a pyroelectric detector.   
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Chapter 1 Introduction 
1.1 Motivation 
Medical diagnosis and therapy are greatly benefited by the advances of medical 
imaging techniques, such as photoacoustic imaging, ultrasound imaging, optical imaging, 
and magnetic resonance imaging (MRI). Each imaging modality has its advantages and 
disadvantages, and can be used for some specific diseases. Photoacoustic imaging detects 
optical absorption within biological tissues and provides valuable physiological 
properties, such as hemoglobin concentration and oxygen saturation. As a result, the 
promising imaging modality has been rigorously investigated over the past decade [1-3]. 
High-frequency photoacoustic imaging enables better image resolution, 
potentially moving photoacoustic imaging toward various clinical applications. In 
photoacoustic imaging, a detector or detector array is required for the detection of 
photoacoustic waves. Despite the type of detectors, the imaging quality, quantified by 
spatial resolution and signal-to-noise ratio (SNR) at a certain depth, are greatly 
influenced by the size, sensitivity, angular response, and frequency response of a single 
detector or array of detector elements. Currently, the fabrication of a detector or array 
elements with small device size, high sensitivity, wideband frequency response, and 
wide acceptance angle is still challenging, restricting the development of high-frequency 
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photoacoustic imaging. 
Based on the detection mechanism, the detectors can be categorized into three 
types. The first is piezoelectric transducers. Currently, these are the most commonly 
used for photoacoustic imaging because piezoelectric technology is well developed for 
medical ultrasonic imaging. The second is capacitive micromachined ultrasound 
transducers (CMUTs), a type of device studied since the 1990s. However, the above two 
technologies still have difficulties in the fabrication of suitable detectors for high-quality 
photoacoustic imaging. Recently, a third detection mechanism, resonant optical 
detection, has been investigated and has the potential to ward off the technical issues of 
piezoelectric and CMUT detectors. Resonant optical devices include microrings, etalons, 
fiber gratings, and Bragg grating waveguides. The first has been rigorously studied in 
our lab. This thesis presents the advantages of microring ultrasonic detectors, and then 
demonstrates various applications to photoacoustic imaging.  
 
1.2 Ultrasonic detectors 
Piezoelectric effect was discovered in 1880 and started to be used for various 
applications since the 1950s. Currently, piezoelectric sensors are increasingly used in 
medical instruments and can be regarded as a mature technology with excellent inherent 
reliability. They are able to convert pressure to an electrical signal by the piezoelectric 
effect, providing an acoustic detection mechanism. However, several disadvantages limit 
their application in photoacoustics. First, the sensitivity of piezoelectric transducers 
depends on the element size. High-frequency flat transducers usually have an element 
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size larger than 1 mm to maintain reasonable sensitivity. Although an electronic scan 
system can be attached to form a synthetic aperture for beam-forming applications, the 
large element size and narrow acceptance angle greatly restrict the aperture size for high-
frequency beams, resulting in very poor resolution. Second, high-frequency focused 
transducers usually have very low f-numbers, severely obstructing the depth of the field. 
Third, to develop arrays for real-time imaging, besides the sensitivity issue, piezoelectric 
technology suffers from challenging fabrication and complex electrical interconnects. 
Piezoelectric sensors are certainly not desirable detectors for high-resolution, µm to tens 
of µm, clinical imaging applications.  
Advances in fabrication technology have promoted the development of high-
performance CMUTs [4-8]. A CMUT is composed of a capacitor cell a metalized 
membrane as a top electrode and a doped silicon substrate as a bottom electrode. The 
working principle is that the acoustic stress modulates the capacitor spacing, producing an 
electronic signal. CMUTs provide some advantages over piezoelectric transducers. 
CMUTs generally have a wider bandwidth than piezoelectric sensors and, thus, offer 
better axial resolution, making them favorable for the imaging of smaller objects [9-10]. 
For array fabrication, CMUTs use the advanced micromachining techniques used for 
integrated circuits, acquiring the advantages of flexible design, low cost, smaller size, 
and unique wafer design of front-end electronics [11-13]. However, the transduction 
efficiency currently is lower than that of piezoelectric transducers. The low sensitivity 
of CMUTs limits their application where high propagation depth of is required. For 
high-frequency photoacoustic tomography, small size detectors are desired, as detailed 
in Chapter 3. Small sized elements of CMUTs decreased the SNR further [14]. 
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Reliability is another important issue which needs to be addressed. Moreover, the 
acoustic crosstalk in CMUT arrays has not been solved, and remains an ongoing 
research topic [15]. Although CMUT technology shows promise in some aspects, there 
are some major challenges left to overcome before high-frequency high-sensitivity 
CMUTs can be fabricated and used in practical photoacoustic imaging applications.  
As a result of the advances in optics, telecommunications, and micro and nano 
fabrication techniques, resonant optical detection has emerged as a promising 
alternative to piezoelectric transducers and CMUT. In resonant optical detection of 
ultrasound, the interaction of an optical field with ultrasound waves is utilized. Acoustic 
pressure modulates the probing optical field within a resonant cavity. With a sharp 
cavity resonance, the optical response is amplified, giving high sensitivity to ultrasonic 
detection. Devices based on this technique, including microrings [16-24], etalons [25-
39], fiber gratings [40], dielectric multilayer interference filters [41], and Bragg grating 
waveguides [42], have been studied.  
Microrings are one of the most promising and simplest approaches. A microring 
resonator device is composed of a straight waveguide coupled with a ring waveguide, 
where the microring serves as an optical resonator. It can be shown that when the 
optical resonance condition is satisfied, the total field of the optical wave returning to 
the coupling section from the ring waveguide coupler is π out of phase with the optical 
wave propagating through the coupler region in the straight waveguide, resulting in 
destructive interference. Thus, the transmission spectrum of the device will have 
resonance dips. 
Based on our current understanding, the principle for the detection of ultrasound 
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signal is that the acoustic pressure deforms the polymer waveguide and changes the 
effective index of the propagating mode. Additionally, there is an elastooptic effect that 
contributes to the effective index change. In microring ultrasonic sensors, detections 
can be made by measuring the output intensity changes from the device at a fixed 
wavelength. The scheme is useful for detecting very small change in the effective 
index, creating a mechanism for sensitive ultrasound detection. Other than being used 
as sensitive ultrasonic sensors, microrings with broad bandwidth in excess of 90 MHz 
will significantly expand the frontiers of high-frequency ultrasound and photoacoustic 
imaging. Microring arrays have also been investigated and demonstrated [17-18]. One 
of the most significant advantages of microring detectors over piezoelectric ones is that 
small size and spacing of each array element can be easily achieved by the micro and 
nano fabrication techniques. Small element size and spacing make it suitable for 
synthetic aperture imaging at frequencies over 100 MHz. Also, the wavelength division 
multiplexing concepts can be utilized to enable array operation [17]. Additionally, 
cross-coupling of light occurs only when array element spacing is on the order of the 
optical wavelength, avoiding some troublesome crosstalk issues encountered when 
using piezoelectric and CMUT techniques. Another exciting advantage of microring 
resonators is the potential for miniaturization, which enables a catheter-type sensor to 
fit into small volumes. 
 
1.3 Photoacoustic imaging 
Advances in biomedical imaging have drastically improved the detection and 
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staging of cancer. However, current technologies mostly concentrate on the diagnosis of 
clinically obvious cancers. The ability to detect cancers at early stages [43-45] is 
strongly desired in the development of every biomedical imaging modality. Most 
imaging techniques, such as X-ray computerized tomography [46-47], ultrasound [48-
49], and MRI [50], are limited in their ability to detect small tumors with high 
specificity. In most cases, the detectable lesions have grown to at least 1 cm in diameter. 
In other words, these techniques significantly reduce the probability of successful 
therapy since the tumors often cannot be identified before reaching the lethal range. 
Consequently, it is imperative to develop new, non-invasive modalities for early 
detection of cancers, requiring both high contrast and high resolution, preferably in real 
time. 
Because the optical properties of biological tissue are intrinsically sensitive to 
tissue abnormalities and functions, optical imaging can provide sensitive contrast 
information in biological tissue, which potentially enables early detection of cancers. 
Optical absorption properties can be used to quantify angiogenesis. They can also be 
used to deduce certain physiological parameters such as the oxygen saturation of 
hemoglobin, an important diagnostic parameter of cancers, and the concentration of 
hemoglobin. However, strong light scattering in tissues restrict the imaging depth less 
than 1 mm, as in optical coherence tomography [51-53], or cause the poor imaging 
resolution, as in diffusive optical tomography [54-56]. On the contrary, ultrasound 
scattering is much weaker and thus yields good resolution at sufficient depth, but pure 
ultrasound imaging suffers from low contrast [57]. To meet all the requirements of high-
quality imaging, combinations of optical and ultrasonic technologies have been explored, 
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which merges the contrast advantages of optical imaging with the resolution 
advantages of ultrasound imaging. Photoacoustic imaging represents such a hybrid 
technology [58-71]. 
Photoacoustic imaging is based on the photoacoustic effects, which means the 
generation of acoustic waves by the absorption of electromagnetic energy. Alexander 
Graham Bell first reported the observation of sound generated by light in1880. 
Typically, a pulsed laser is used for biomedical imaging applications. When the laser 
energy is absorbed by the imaging target, a small temperature rise causes thermal 
expansion by the thermoelastic mechanism and generates acoustic waves. Induced 
acoustic waves range widely in the frequency spectrum and are measured by ultrasonic 
detectors placed around the sample in a pre-determined geometry. Then, recorded 
photoacoustic signals are used for imaging reconstruction. The imaging contrast is 
provided by the optical properties of biological tissues, including absorption 
coefficients, heat capacity, and thermal expansion coefficients. The resolution is at 
multiple length scales decided by the frequency of the ultrasound waves. In the last 
decade, photoacoustic imaging is the fastest-growing area of biomedical imaging 
technology. This can be evidenced by the fast-growing publications in the field of 
photoacoustics these years. It has been successfully studied in breast cancer detection 
[58-59], small animal imaging [60, 63], functional imaging [65-66], intravascular 
imaging [68-69, 71], and eye imaging [70].  
The two principle components in a photoacoustic imaging system are a pulsed 
laser and an ultrasonic detector. For the former, the wavelength should be properly 
chosen to optimize both optical penetration depth and optical absorption contrast 
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between cancerous and normal tissues. The pulse duration is another factor for high-
resolution imaging. For the cancer detection, a single detector with high sensitivity and 
very wideband response is imperative. For array detectors, elements with small size and 
spacing enable three-dimensional real-time high-resolution photoacoustic imaging, 
useful in clinical applications. Microrings have shown promising results and have 
potential to be one of the most suitable detectors in the photoacoustic systems. 
 
1.4 Dissertation overview  
Although microring resonators have been intensely investigated for a few 
decades and used in various applications, they have only been explored as ultrasonic 
detectors since 2004. Before use in practical photoacoustic imaging applications, the 
devices should be calibrated and tested in phantom experiments. This thesis describes 
the benefits of microring ultrasonic detectors, and focuses on the applications of 
photoacoustic imaging in various schemes. 
Chapter 1 provides a brief introduction and motivation. Three ultrasonic 
detectors are compared. The requirement to achieve photoacoustic imaging with high 
resolution, µm to tens of µm, at large imaging depths,  several mm to 1 cm, are 
described. 
Chapter 2 presents the polymer microring resonators, including the underlying 
principles and device preparation. The optical resonance, frequency response of over 90 
MHz at –3 dB, noise-equivalent pressure of 21.4 Pa over 1 to 75 MHz, and angular 
response of microring resonators, +/− 40° at –6 dB for a 20 MHz acoustic signal, are 
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characterized. Applications to delay-and-sum beam-forming photoacoustic imaging 
using a synthetic aperture are demonstrated.  
Chapter 3 describes the significantly improved imaging quality of photoacoustic 
tomography using microring detectors. First, wideband response of microrings can 
faithfully reconstruct the inner structure, corresponding to low ultrasonic frequencies, 
and boundaries, corresponding to high ultrasonic frequencies. Second, several small 
sizes of microring detectors with ultra-low noise are also tested, showing extremely 
promising imaging results, high resolution and high contrast over a large imaging area.  
Chapter 4 details the application of microring resonators in photoacoustic 
microscopy. A preliminary test in an in vivo imaging of mouse ear and an ex vivo 
imaging of mouse bladder is used to show the potential of microring resonators in 
clinical applications. Design of photoacoustic microscopy based on the coaxial scheme 
and reflection mode using microrings on a transparent substrate for convenient animal 
studies is also presented.  
Chapter 5 shows that the polymer microring resonators have the potential to be 
applied to endoscopic photoacoustic imaging. A miniaturized photoacoustic catheter, 
including light source and microring detector, has been fabricated and calibrated. The 
results show that we can achieve a small probe size of 5 mm in diameter and a high 
radial resolution of 21 µm. Further improvement to prepare the catheter for clinical 
applications will be discussed. 
Chapter 6 introduces a new application of photoacoustic effects, photoacoustic 
correlation spectroscopy (PACS), which is inspired by fluorescence correlation 
spectroscopy. Current blood velocimeters such as laser Doppler velocimetry and 
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optical/ultrasound particle image velocimetry have limited sensitivity and resolution, 
restricting their applications to measure blood flow speed in capillaries. We proposed the 
PACS technique to measure it. The principles of PACS will be given. A phantom 
experiment will be performed as a proof-of-concept experiment. In the experiment, low-
speed flow measurement, ~15 µm/s, was demonstrated. In vivo blood flow speed 
measurement in the capillaries in a chick embryo model is also demonstrated.  
Chapter 7 described an interesting application of photoacoustic detection using 
microring resonators. We proposed a terahertz (THz) electromagnetic pulse detector 
consisting of an efficient photoacoustic transmitter, a composite of carbon nanotube and 
polymer, and an optical microring resonator as a sensitive photoacoustic sensor. 
Calibration of the photoacoustic-based THz detector will be presented. We showed the 
real-time detection, which is difficult by current THz detectors such as a bolomter or a 
pyroelectric detector. 
Chapter 8 summarizes all work, highlights main contributions of each work, and 
discusses the future experiments to be conducted. 
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Chapter 2 Microring ultrasonic sensors 
2.1 Principles of microring ultrasonic sensors 
A microring resonator device, shown in Figure 2.1 (a), is composed of a straight 
waveguide, also called bus waveguide, coupled with a ring waveguide, where the 
microring serves as an optical resonator. Resonance occurs when the round-trip phase 
change of an optical wave propagating in the ring waveguide equals to 2mπ, where m is 
an integer. When the cross-coupled intensity (the coupling ratio from the straight 
waveguide to the ring waveguide) is balanced by the total loss inside the resonator, this 
condition is called critical coupling. If the cross-coupled intensity exceeds the total loss 
inside the resonator, the resonator lies in the regime of over coupling. By contrast, if the 
total loss inside the resonator exceeds the cross-coupled intensity, it lies in the regime of 
under-coupling. A steady effect of cross-coupled intensity and the loss inside the 
resonator results in the resonance dips in the transmission spectrum, as shown in Figure 
2.1 (b). The contrast, defined as the ratio of on-resonance intensity to off-resonance 
intensity, degrades when the coupling condition is away from the critical coupling. From 
the definition of the Q factor (the ratio of the total stored energy of a resonator to the loss 
energy per cycle), the Q factor of a resonator increases as loss decreases. 
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Figure 2.1 Schematic of (a) a microring resonator; (b) its resonance spectrum; and (c) 
ultrasound detection using the optical resonance of a microring sensor: ultrasound 
pressure pulse causes dynamic shift of resonance wavelength, producing a modulated 
intensity in the form of a pulse in the light output. 
As an ultrasonic sensor, polymer microring resonators experience a strain field, 
caused by incident acoustic waves, which slightly deform the waveguide shape. The 
change in waveguide cross section directly modifies the effective refraction index of the  
guided mode. Moreover, the strain will also alter the refractive indices of the waveguide 
material and its surroundings, usually water, via the elasto-optic effect. Hence, the 
resonance condition is modulated. Detailed theoretical calculation can be found in [17]. 
Ultrasound detection is illustrated in Figure 2.1 (c). When the device is probed at a fixed 
wavelength with a high slope in the transmission spectrum, the output intensity can be 
modulated by the ultrasound wave, which is then recorded by a high-speed photodetector. 
Accordingly, high sensitivity detection requires high Q resonators. 
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2.2 Device preparation 
A nanoimprint technique [72] was used to fabricate the polymer microring device 
due to its simplicity, high fidelity, and precise dimension control. Detailed fabrication 
processes of polystyrene (PS) microring resonators have been described previously [73]. 
The substrate was ~3 µm SiO2 on a 0.5-mm-thick Si. The channel waveguide was 
fabricated. In the following work, the cross section of waveguides was designed as 2 µm 
× 2 µm for single mode operation at an optical wavelength of 1550 nm; while it was 1.4 
µm × 1 µm (height by width) for single mode operation at an optical wavelength of ~780 
nm. The schematic of cross-section view of the PS waveguide is shown in Figure 2.2. 
The developed microrings have a diameter of 100, 90, 60, and 40 µm and will be used to 
show the different applications. The gap in the coupling region between the microring 
and straight waveguides is several hundred nanometers. For easy ultrasound 
measurement, fibers were butt-coupled to the straight waveguide and glued at the cleaved 
edges of the silicon substrate using UV curable epoxy. The schematic of fiber-glued  
 
 
Figure 2.2 Schematic of cross-section view of the PS waveguide. 
 14 
 
microring device was shown in the lower part of Figure 2.3. To achieve high sensitivity 
ultrasound detection, the light intensity coupled into the polymer waveguides should be 
maximized. Thus, a single-mode fiber was used as an input fiber to provide better mode 
matching. The output light was collected by a multimode fiber with a core diameter of 
62.5 µm. Note that in the photoacoustic tomography discussed in Chapter 3, the sensor 
chip was rotated around the object and therefore polarization maintaining fibers were 
used to avoid changes to the power coupled into the waveguide at a specific polarization, 
which might alter the slope in the transmission spectrum and cause change of sensitivity 
to ultrasound at different sensor positions.  
 
2.3 Devices calibration 
2.3.1 Sensitivity  
The setup shown in Figure 2.3 was used to measure the noise-equivalent pressure 
(NEP) and the sensitivity of microring devices. A continuous-wave tunable laser source 
was connected to the device’s input fiber, and the output fiber was connected to a 
photodetector (1801-FC and 1811-FC, New Focus, San Jose, CA) with an electrical 
bandwidth of 25 kHz–125 MHz. The photodetector was coupled output to a digital 
oscilloscope for data collection.  
Table 2.1 shows the specifications of the devices we have developed [19, 22, 24]. 
The first generation device, MR-100 (MR: microring, 100: device size), was calibrated. 
Using the dc output from the photodetector, we measured the device’s transmission 
spectrum, shown in Figure 2.4(a), with an input power of 4.2 mW. The Q factor was  
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Figure 2.3 Experimental setup to measure the NEP and the sensitivity of a polymer 
microring resonator. The distance between the ultrasound transducer and the resonator 
was 1.5 mm. 
estimated to be 6000. The off-resonance light transmission shows that around 9% of the 
probing light was collected by the photodetector mainly due to mode mismatch at the 
fiber-waveguide coupling region. The transmission ratio can be improved with better 
device preparation. For example, tapered shape can be designed at the straight waveguide 
to have larger cross section at the side close to input fiber, reducing mode mismatch 
between the input fiber and the straight waveguide.  
A 20 MHz unfocused transducer (V316, Panametrics NDT, Waltham, MA) with a  
 
 
Operating 
wavelength 
Device 
diameter 
Q factor 
Sensitivity 
(mV/kPa) 
NEP 
@ 1-75 MHz 
Reference 
MR-100 1550 nm 100 µm 6000 11 230 Pa [19] 
MR-90 1550 nm 90 µm 20000 36.3 88 Pa [22] 
MR-6040 780 nm 60 µm 
(and 40 µm) 
400000 66.7 21.4 Pa [24] 
Table 2.1 Developed microrings with calibrated Q factors, sensitivity, and NEPs. 
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3.18 mm diameter was used to insonify the microring. It launches a peak pressure of 30 
kPa around its surface, calibrated using a hydrophone [18], when driven by a 10 V peak-
to-peak one-cycle 20 MHz sinusoidal wave. The acoustic coupling medium was de-
ionized water. The optical probing wavelength and input power were set to 1555.51 nm 
and 5.5 mW, respectively. Ultrasound signals were detected by the ac output of the 
photodetector. 
Figure 2.4(b) shows a recorded signal trace and Figure 2.4(c) shows the spectra of 
the signal and an acoustic waveform measured by the hydrophone. The ringing waveform 
 
 
Figure 2.4 (a) Optical transmission spectrum of polymer microring resonator (MR-100). 
The input power was 4.2 mW. The resonance wavelength and the bandwidth were 
1555.57 nm and 0.24 nm, respectively. (b) Single-shot acoustic waveform measured by 
the resonator. The positive peak corresponds to 30 kPa. The optical probing wavelength 
and input power were set to 1555.51 nm [indicated with a square in (a)] and 5.5 mW, 
respectively. (c) Spectra of acoustic waveforms measured by the resonator and a 
hydrophone. 
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following the main pulse signal was due to reflections within the silicon substrate, which 
can be removed by changing substrate materials and/or structures. Since a 30 kPa 
acoustic pressure produced an output voltage of 332 mV, the sensitivity of the microring  
device was 11 mV/kPa. The root-mean-square noise levels were 1.5, 2.2, and 2.5 mV 
over 1 to 25, 1 to 50, and 1 to 75 MHz bandwidths, respectively, and the corresponding 
NEPs, a measure of the minimum detectable pressure of the device, were 0.14, 0.20, and 
0.23 kPa [=(2.5 mV)/11 mV/kPa)] by extrapolating the sensitivity to other frequencies, 1 
to 75 MHz. Since the frequency response of the device was over 90 MHz at −3 dB, which 
will be described below, it is valid to do the extrapolation of sensitivity from 20MHz to 
other frequencies below 90 MHz. Compared to the previous best result, 4.1 kPa over 5–
75 MHz [18], we have improved NEP by more than one order of magnitude. The same 
level of NEP was achieved using a Fabry–Pérot etalon with a detection bandwidth of 20 
MHz and a detector diameter of 50 µm [74]. The tested microring device is 20 times 
more sensitive than a 75 µm piezoelectric polyvinylidene fluoride (PVDF) transducer 
(HPM075/1, Precision Acoustics, Dorchester, Dorset, UK; http:// 
www.acoustics.co.uk/products/hpm075-1), which has an NEP lower bound of 6 kPa 
[=(60 µV)/(10 nV/Pa)] over a 100 MHz bandwidth considering only the noise from its 
matched preamplifier (HP1, Precision Acoustics). In addition, microring’s NEP can be 
further reduced by coupling more detection light into a device or by increasing its Q 
factor. Following the calibration similar to that used for MR-100, the Q factors and NEPs 
of MR-90 and MR-6040 were obtained.  
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2.3.2 Frequency response 
A wideband optoacoustic source was utilized to measure the detection bandwidth 
of a microring device. The MR-100 was used in this calibration. A 100 nm thick 
chromium film was deposited onto a glass substrate. Illuminating such a film with a 
wide-spot nanosecond laser pulse generates a planar acoustic wave with a temporal 
profile duplicating that of the excitation laser pulse shape [75-76]. The chromium film 
was placed 540 µm above a microring device and was illuminated by a 532 nm pulsed 
frequency-doubled Nd-YAG (yttrium aluminum garnet) laser (Surelite I-20, Continuum, 
Santa Clara, CA) with a spot size of 4.5 mm in diameter. The acoustic coupling medium 
was de-ionized water. An acoustic pulse signal detected by the microring device and a 
laser pulse temporal profile detected directly by the same photodetector are shown in 
Figure 2.5(a). Figure 2.5(b) presents corresponding spectra together with the estimated  
 
 
Figure 2.5 (a) Acoustic signal detected by a polymer microring resonator and laser pulse 
profile detected by the photodetector. (b) Spectra of the signals and frequency response of 
the resonator. A square indicating (90 MHz, −3 dB) is shown as a reference. The 
detection bandwidth of the resonator is over 90 MHz at −3 dB. 
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frequency response of the device, obtained by taking the difference of the two spectra and 
compensating for acoustic attenuation in water assuming an attenuation coefficient of 2.2 
× 10−4 dB/mm MHz2 [77]. The detection bandwidth of the microring device was over 90 
MHz at −3 dB. As a reference, limited by equipment, we could only confirm a detection 
bandwidth of 55 MHz previously [17]. To be able to measure a detection bandwidth of 
hundreds of megahertz, a wider band photodetector and a more uniform and wideband 
planar wave are required. More detailed analysis of the limitation of frequency response 
will be discussed in Chapter 4. 
 
2.3.3 Angular response 
A photoacoustic method was used to test the angular dependence of sensitivity for 
the microring (see Figure 2.6). The MR-100 was firstly calibrated. A 49-µm diameter 
black polystyrene (PS) microsphere (BK050, Microgenics Corp., Fremont, CA) was set 
in a gel created by mixing 1.5% agarose (GPG/LE, American Bioanalytical, Natick, MA) 
with water. The microsphere was placed very close to the surface of the gel to minimize 
acoustic absorption. A 532 nm pulsed frequency-doubled Nd-YAG laser (Surelite I-20, 
Continuum, Santa Clara, CA) was used to illuminate the microsphere. The bead’s optical 
absorption at this wavelength causes transient heating and expansion of the sphere, and 
subsequently, generation of a spherical acoustic pulse. 
The angular sensitivity for the microring is shown in Figure 2.7 for frequencies of 
10, 15, and 20 MHz signals. Signal levels at these frequencies were extracted by applying 
bandpass filters centered at the corresponding frequencies to the recorded acoustic pulses,  
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Figure 2.6 Experimental apparatus (similar to Fig. 2.2) for measuring angular sensitivity 
of the microring resonator and imaging of a 49 µm microsphere. The PS microsphere 
produces a spherical wave, and the microring is scanned tangentially to the wave. The gel 
bulk and the microring were submerged in deionized water. 
and then, detecting the peaks. The angular sensitivity shows frequency-dependant 
behavior. Such a frequency-dependent behavior can be understood by considering a ring 
piston transducer, where the theoretical angular response or directivity D, is given by [78] 
D(θ) = J0(ka sin(θ)), where J0 is the Bessel function of the first kind, k = ωa /c is the  
 
 
Figure 2.7 Calculated and measured angular sensitivity of the MR-100 at frequencies of 
10, 15, and 20 MHz. Experimental results agree well with the theoretical curves. 
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wavenumber of the incident acoustic signal, a the average radius of the element, and θ 
the incident angle of the acoustic wave. The theoretical curve is also shown in Figure 2.7,  
which fits well with the experimental data. For a given k, an element will generally have 
a wider angular sensitivity when the ring radius is reduced. One method of characterizing 
the angular response is to measure the −6 dB beamwidth, or full-width at half maximum 
(FWHM). For beam-forming applications, the beamwidth of the main lobe should extend 
to +/− 40◦ incidence. For a 20 MHz bandwidth, the element diameter must be less than 50 
µm, and for 50 MHz bandwidth, must be smaller than 25 µm in order to comply with 
these requirements. Following calibration similar to that used for MR-100, the angular 
response of MR-6040 was obtained, as shown in Figure 2.8.  
 
 
Figure 2.8 Eexperimental data (dot) and theoretical calculation (line) of angular response 
of the polymer microrings with (b) D = 60 µm at 20 MHz (solid dot and line) and 30 
MHz (empty dot and dash line), and with (c) D = 40 µm at 30 MHz (solid dot and line) 
and 40 MHz (empty dot and dash line). 
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2.4 Applications to high-sensitivity beam-forming imaging 
2.4.1 Beam-forming experiments 
We use photoacoustic imaging to quantitatively explore the potential of low NEP 
of polymer microring resonators. Microirng MR-100 was used here. The experimental 
setup used to test the microring device for three-dimensional (3-D) photoacoustic 
imaging is shown in Figure 2.9. A 49-µm diameter black PS bead was first fixed in a gel 
made by mixing water and 1% agarose (GPG/LE, American Bioanalytical, Natick, MA). 
Then the phantom was placed in deionized water. A 532 nm pulsed laser (Surelite I-20 
with ~ 6 ns pulse width, Continuum, Santa Clara, CA) was used to illuminate the bead.  
 
 
Figure 2.9 Experimental setup for 3-D photoacoustic imaging. A 2-D translation stage 
scanned a microring device to form a synthetic 2-D array. A bead placed in a gel block 
was imaged. The gel and the microring device were submerged in deionized water. Inset: 
transmission spectrum of the microring MR-100 at an input power of 4.2 mW. 
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The 4.5 mm beam width was delivered to the phantom width was ~ 4.5 mm without any 
focusing. A synthetic disk-shaped two-dimensional (2-D) array was formed by scanning 
the device using a 2-D translation stage.  
First, we measured the transmission spectrum of the microring device. The 
measured transmission spectrum at a laser input power of 4.2 mW was shown in the inset 
of Figure 2.9. From the spectrum, the probing wavelength was chosen at 1555.6 nm to 
maximize the slope and thus the sensitivity. The 49-µm diameter black PS bead (BK050, 
Microgenics Corp., Fremont, CA) was illuminated at a laser fluence of 0.35 mJ/cm2. The 
array had 249 elements with a step size of 0.1 mm in the x- and y-directions and a 
diameter of ~ 1.78 mm [= )/4(249 π×  × 0.1]. Photoacoustic signals were detected at ~ 
5 mm from the absorber by recording the AC output of the photodetector at different 
element positions. The probing light power was 5.5 mW, but due to the coupling loss the 
power coupled to the waveguide was about 435 µW. No signal averaging was applied in 
data collection and image reconstruction. 
A bandpass filter with a center frequency of 28 MHz and a bandwidth of 16 MHz 
was applied to all element data and a delay-and-sum beam-forming algorithm with 
envelope detection was then used to reconstruct a 3-D image. The average noise level 
(root-mean-square value over a region where noise dominates) was –19.4 dB and –16.4 
dB respectively relative to the image peak before and after the envelope detection. Figure 
2.10 shows three 2-D cuts of the reconstructed images with a 15 dB dynamic range. The 
FWHM along the x (lateral), y (lateral), and z (axial) directions were 205, 260, and 100 
µm, respectively. According to the array geometry and the filter, the ideal lateral and 
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axial resolutions are 209 and 81 µm, respectively. Therefore, the widths of the object 
image are reasonable for a 49 µm size bead. The lateral resolution can be improved using 
a larger array. Note that the bandpass filter used in the delay-and-sum beam-forming 
algorithm is usually not applied in photoacoustic tomography (presented in Chapter 3), 
which needs wideband signals to reconstruct images with a variety of spatial variation. 
 
 
Figure 2.10 2-D cuts of 3-D photoacoustic images for a 49 µm diameter bead displayed 
with a 15 dB dynamic range. The average noise level was –16.4 dB relative to the image 
peak and no signal averaging was applied. 
 
2.4.2 Quantitative analysis 
The acoustic pressure Pac generated by a spherical fluid object in an optically 
transparent fluid background that has the same sound speed and density as the object and 
measured at a distance r to the object center can be expressed as [38, 75] 
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where R, β and Cp are the radius, thermal expansion coefficient and specific heat capacity 
of the object, W the absorbed energy density, c the sound speed, t the time, and U(ξ) = 1 
for ξ ≥ 0 and U(ξ) = 0 otherwise. We used this equation to estimate the expected peak 
pressure level to be 77.6 Pa in the imaging experiment presented in Section 2.4.1 with c = 
2380 m/s [79], β = 210 × 10-6 K-1 [80] and Cp = 1.3 kJ/kg/K [81] for PS, R = 24.5 µm, r = 
5 mm, and W = (0.35 mJ/cm2) × πR2 / (4πR3/3) = 107 mJ/cm3 assuming complete and 
uniform absorption in the bead. The NEP of microring devices was estimated by the 
applied peak pressure divided by the optical signal-to-noise ratio (SNR). The microring 
device has an NEP of 111.4 Pa over the passband of the aforementioned bandpass filter 
neglecting the effects of angular sensitivity, resulting in an effective NEP of 7.1 Pa [= 
(111.4 Pa) / 249 ] for the array used in this experiment. Thus, the estimated SNR is 20.8 
dB [= (77.6 Pa) / (7.1 Pa) on linear scale], slightly higher than that in the actual imaging 
(19.4 dB). This small discrepancy might result from the overestimated signal levels 
because the sound speed of the background (1480 m/s in water) in the experiment is 
lower than that (2380 m/s) used in the estimation, and the finite duration of laser pulse 
and the water absorption (0.86 dB at 28 MHz for 5 mm propagation) are not considered. 
In this work, we have demonstrated the benefits of low noise of polymer 
microring resonator in photoacoustic imaging. A 49 µm bead was imaged using a 
synthetic array with 249 elements with SNR of 16.4 dB at low laser fluence of 0.35 
mJ/cm2 and without signal averaging. As a comparison, if using a 75 µm piezoelectric 
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PVDF transducer, 20 times higher laser fluence would be required to achieve the same 
SNR [19-20]. Compared with MR-100, MR-6040 has much better sensitivity, which 
would give superior imaging depth.  
 
2.5 Applications to wide-directivity beam-forming imaging 
In this work, we conduct delay-and-sum beam-forming photoacoustic imaging to 
show the distinctive advantages provided by small microrings. 2-D and 3-D beam-
forming PA imaging are presented. The setup is similar to that in Figure 2.9. Linear scan 
geometry was chosen because it emulates our ongoing work linear microring array work. 
The 100, 60, and 40 µm microrings were mounted on the motorized scanning stage to 
form a one-dimensional (1-D) and 2-D synthetic aperture, used for 2-D and 3-D imaging, 
respectively. 
A 6-µm-diameter carbon fiber embedded in gel is used as a phantom to generate 
high-frequency photoacoustic signals. The carbon fiber is positioned parallel to the 
synthetic aperture of microrings at a distance of about 3 mm from the surface. The 
microring is scanned 5 mm in 100 µm steps parallel to the cross section of the carbon 
fiber. A bandpass filter spanning 20 to 60 MHz is applied to the recorded signal at each 
position. Then, a delay-and-sum beam-forming algorithm with envelope detection is used 
for 2-D image reconstruction. The application of the 20-60 MHz bandpass filter is chosen 
to fit the main band of photoacoustic signals generated from the 6 µm carbon fiber. The 
wave-field plot of the detected signals after the bandpass filter and the reconstructed 
image along the 1-D array is shown in Figure 2.11. Improved signal amplitudes at large  
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Figure 2.11 (a) Wave-field plot of the detected acoustic field along a 1-D array and (b) 
reconstructed image of the cross section of a 6-µm-diameter carbon fiber displayed over 
a10-dB dynamic range, where 0 dB represents the maximum reconstructed signal. 
incident angles can be clearly seen in Figure 2.11(a) by reducing the microring size from 
100 to 40 µm. The axial FWHM resolutions are similar, ~50 µm, for three sizes of 
microrings. This is because the same bandpass filter is used. The lateral resolution is  
146, 77, and 55 µm for the case of 100, 60, and 40 µm microring, respectively. Improved 
lateral resolution was obtained because larger array aperture can be used in the smaller 
microring due to its larger acceptance angle. A filter with higher band can be used to 
improve the axial resolution at the expense of lateral resolution and SNR. The former is 
due to smaller aperture at higher frequency, and the latter is due to the mismatch between 
the band of photoacoustic signals and the filter. Thus, the specific bandpass filter can be 
chosen based on the consideration of trade-offs between resolutions and SNR. These 
results demonstrate that the 40 µm microrings are capable of forming detection arrays for 
photoacoustic imaging at resolutions of about 50 µm, representing one acoustic 
wavelength at a frequency of 30 MHz.  
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We also tested a 2-D synthetic array for 3-D photoacoustic imaging. The 50 µm 
PS beads fixed in a gel were imaged by 100 and 40 µm microrings. The center of the 
synthetic array, in the x-y plane, is defined as the origin of the coordinate system. The PS 
beads are placed about 3 mm above the array. The microring is scanned through a region 
of 5 mm by 5 mm. Bandpass filtering from 12 to 38 MHz was chosen to catch the main 
band of the photoacoustic signals. The reconstructed 3-D image and the 2-D cut image on 
the x-z plane crossing the center of the bead are shown in Figure 2.12. The lateral FWHM 
resolutions are ~150 and ~80 µm, respectively, imaged by the 100 and 40 µm microrings, 
while the axial resolution are similar, ~80 µm, by both microrings. The 3-D 
photoacoustic images clearly show the improved lateral resolution using 40 µm  
 
 
Figure 2.12 (a) –6 dB isosurface of a 3-D PA image of a 50 µm bead. (b) A 2-D image on 
the plane crossing the central position of the bead displayed over a 10 dB dynamic range. 
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microring. The wider angular acceptance characteristics of the 40 µm microring result in 
the improvement.  
The small size microrings applied in beam-forming PA imaging demonstrated the 
improved lateral resolution because of a larger synthetic aperture of the microrings. 
Unlike piezoelectric transducers, the sensitivity of microrings is not directly related to its 
size. Thus, the microring has the potential to be fabricated in even smaller sizes without 
degrading the sensitivity with improvement in fabrication technologies.  
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Chapter 3 Photoacoustic tomography 
3.1 Introduction 
Photoacoustic tomography (PAT), also referred to as optoacoustic tomography, is 
the cross-sectional or three-dimensional imaging of an object using the photoacoustic 
effect. Optical energy deposition generates the photoacoustic pressure. As long as the 
photons are converted into heat, either scattered or unscattered photons can produce 
photoacoustic signals, allowing the photoacoustic tomography to work in the optically 
diffusive regime. The hybrid modality of optical imaging and ultrasound imaging 
combines rich optical contrast and high ultrasonic resolution. It has been applied in 
structural, functional [60, 82], and molecular imaging [83-84] in vivo in optically 
scattering biological tissue with high resolution at exceptional depths. Functional imaging 
can differentiate between live and dead tissue by measuring physiological functions such 
as blood flow and oxygenation. The concentrations of multiple chromophores of different 
colors (e.g., oxygenated and deoxygenated haemoglobin molecules in red blood cells) can 
be simultaneously quantified by using multiwavelength measurement. Moreover, 
molecular imaging can identify specific cancer cells by sensing biomarkers, which are 
extrinsic optical absorption contrast agents.   
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In photoacoustic imaging, there are two major modes: focused scanning and 
computed tomography. A focused ultrasonic transducer is usually used in focused 
scanning photoacoustic imaging, which will be presented in Chapter 4. The focus 
characteristic itself provides resolutions. For computed tomography, unfocused ultrasonic 
detectors are used. An inverse reconstruction algorithm is required to reconstruct the 
tomographic image. An exact closed-form reconstruction formula was studied for each of 
three detection configurations: planar, cylindrical, and spherical [85]. In our 
demonstration, we focused on a circular scan configuration to obtain a cross-sectional 
image, which is a two-dimensional (2-D) version of a cylindrical configuration. In 
circular-view photoacoustic tomography, ultrasonic detection follows a circle to acquire 
the photoacoustic data, which is then converted into the initial photoacoustic pressure 
distribution by an inverse algorithm. To enable the real-time imaging, an array of 
ultrasonic detectors in a circular shape can be adopted.  
 
3.2 Motivation 
3.2.1 Wideband photoacoustic tomography 
For PAT, wideband response is important in the imaging reconstruction of 
absorbers with varied size scales. Currently, the detection typically relies on piezoelectric 
transducers. Piezoelectric transducers have limited bandwidth and thus can only respond 
to part of the spectrum of the acoustic waves. Hence, transducers with different central 
frequencies are employed to expand the detection bandwidth [86-87]. In general, a 
piezoelectric transducer with a higher central frequency can better detect the edge parts of 
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a structure, which has the characteristic of rapidly changing spatial absorption profile but 
is difficult to recognize the smooth parts of the structure with low spatial frequencies. On 
the other hand, a piezoelectric transducer with a lower central frequency behaves in the 
opposite way. Therefore, wide bandwidth receivers spanning the range of less than 1 M 
Hz to above 50 M Hz are essential for a complete, high-resolution, photoacoustic image 
reconstruction. 
Optical detection in photoacoustic tomography offers several advantages. The 
frequency response ranges widely from low to high frequencies, enabling the interior of a 
large heterogeneity, including spatially slow and spatially sharp absorption, to be imaged. 
Thus, we used microring resonators for wideband photoacoustic tomography and 
demonstrated the improvement in imaging quality. 
 
3.2.2 High-resolution photoacoustic tomography over a large 
imaging area 
Since photoacoustic signals are 20 to 40 dB weaker than the ultrasound signals 
used in medical imaging, the detection methods for photoacoustic imaging typically rely 
on a single large size piezoelectric transducer because of its convenience and high 
sensitivity. The bandwidths of most piezoelectric transducers are usually limited to 60 % 
of the center frequency. The quality of the photoacoustic imaging can be degraded due to 
the large size and limited bandwidth [88]. Wideband piezoelectric detectors with very 
small active size can have wide detection angle but suffer from poor signal-to-noise ratio 
(SNR) because the sensitivity is dependent on the detector aperture size. For example, a 
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40 µm piezoelectric polyvinylidene fluoride (PVDF) transducer (HPM04/1, Precision 
Acoustics, Dorchester, Dorset, UK) has an noise-equivalent pressure (NEP) around 10 
kPa over a 100 MHz bandwidth considering only the noise from its matched preamplifier 
(HP1, Precision Acoustics). Current reconstruction algorithm for photoacoustic imaging 
has been developed based on point detectors [85]. In practice, the finite-size detectors 
results in a trade-off between detection sensitivity and lateral resolution. As a result, 
optimal lateral resolution is achievable only within the focal zone, usually the center in a 
circular geometry. Besides, de-convolution of aperture effects may introduce artifacts and 
has not been accepted in clinical applications [89]. Thus, a small aperture detector with 
high sensitivity and wide bandwidth is highly desired for faithful reconstruction of optical 
absorption distributions in photoacoustic imaging. 
     The virtual point detector methods have been introduced to have small aperture 
size with high sensitivity [90-91]. However, the constructed virtual point detector has an 
effective size larger than 100 µm and a central frequency around 6 MHz with limited 
bandwidth. Such detectors can deteriorate the quality of photoacoustic imaging [88]. The 
sensitivity of microrings primarily depends on the optical quality factor (Q) of microring 
resonators rather than on the detector size directly. The optical ultrasound detection 
enables very wideband response, –3 dB bandwidth from DC to more than 90 MHz [19]. 
For this work, we have developed different sizes of microring resonators with low NEPs 
around 20–200 Pa over 1–75 MHz bandwidth: 100- and 90-µm-diameter microring 
operated at optical wavelength (λ) of 1550 nm [19, 22]; 60- and 40-µm-diameter 
microrings operated at λ = 780 nm [24]. The low NEP, wide acceptance angle, and 
wideband response provided by the microring devices will directly benefit the quality of 
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photoacoustic imaging. The new generation of microrings can also be applied to other 
ultrasound-related imaging.  
 
3.3 Reconstruction algorithm 
As has been described in the literature [75, 92], in an acoustically homogenous 
medium, the generation and propagation of a PA pressure wave p(r,t) at position r and 
time t in response to a heat source can be expressed as 
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where c is the speed of sound in the medium, β denotes the thermal coefficient of volume 
expansion, Cp denotes the isobaric specific heat capacity, and H(r,t) is the heating 
function defined as the thermal energy converted at r and t per unit volume and time. The 
heating function can be written as the product of an optical energy absorption A within 
the material at position r and a short irradiation pulse I(t), i.e., 
)()(),( tIAtH rr = .       (3.2) 
The I(t) is usually represented as a delta-function laser pulse in the derivation. All 
absorbed optical energy is assumed to be converted into heat. 
The algorithm in PAT is designed to reconstruct the absorption distribution A(r) 
from the measured pressure p(r,t) at various positions r. The exact inverse solution has 
been derived although it is computationally time consuming [93]. Fortunately, when the 
scanning radius, ρ0, is much longer than the generated PA wavelengths, λa, as is the case 
in high-resolution PAT, the inverse solution has an approximated form [92]: 
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where S0 is the measurement surface with a cylindrical  surface r0 = (ρ0,0,z0); Θ is the 
angle between the detector surface normal direction and the vector from the detector to 
the reconstruction point. From Equation (3.3), the absorption distribution can be 
calculated by means of modified back projection of quantity 
ctttpt /||0 0|)/)),()((/1( rrr −=∂∂− , which is a good approximation under the far-field 
condition kρ0 >> 1 and k|r-r0| >> 1, where k = ωa/c is the wavenumber of the acoustic 
signals. 
The PA pressure immediately generated by a spherical fluid object, illuminated by 
an infinite-short laser pulse, in an optically transparent fluid background that has the 
same sound speed and density as the object is given by [75] 
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where W is the absorbed energy density, r is the distance from the object center, R is the 
radius of the object, and t is the time, and U(ξ) = 1 for ξ ≥ 0 and U(ξ) = 0 otherwise. In 
practice, the measured PA pressure by an ultrasonic detector can be expressed as the 
convolution of multiple functions: 
)(*)(*)(*),r(),r( 00 tDtLtItptp δ= ,     (3.5) 
where L(t) accounts for the propagation loss in the medium, D(t) is the impulse response 
of the detector, and * represents convolution. The last three terms in Equation (3.5) are 
the factors that distort the original absorption A(r) in real applications. In the following 
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simulation, Equation (3.5) will be substituted into Equation (3.3) to evaluate the 
reconstructed PAT images. 
 
3.4 Wideband photoacoustic tomography 
We use photoacoustic imaging to quantitatively explore the potential of wideband 
response of polymer microring resonators. To prove the benefits of wideband response, 
we present the simulation results of photoacoustic tomography using both microring 
sensors and piezoelectric transducers to provide comparisons. Experimental results of 
photoacoustic tomography using polymer microring resonators are also demonstrated. 
Imaging resolution and issues regarding agreement between theories and experiments are 
discussed. 
 
3.4.1 Wideband photoacoustic tomography: simulations 
To compare our microring device with the piezoelectric transducers, images from 
both numerically simulated and experimental data were reconstructed in a 2-D case, 
which was chosen to reduce the computational and experimental complexity. For the 2-D 
case, the reconstruction equation can be derived from Equation (3.3) by setting z = 0 and 
using a circular measurement configuration.  
Photoacoustic tomography of two polystyrene (PS) beads with diameters of 50 
and 300 µm was numerically simulated. To compare the frequency response only, the 
beads were positioned at the center of the detection circle to neglect the effect of finite  
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Figure 3.1 The simulated photoacoustic signals of a 50 µm PS bead (left column) and a 
300 µm PS bead (right column) detected by microring resonators, piezoelectric 
transducers with a central frequency of 5.5 MHz and 60% bandwidth, and piezoelectric 
transducers with a central frequency of 32 MHz and 60% bandwidth, respectively.  
detector aperture size [86, 88]. Assuming a uniform absorption distribution within the 
spherical beads, the analytical expression for their photoacoustic signal is given in [31, 
75, 94]. The pδ(r0,t) function with respect to t has an N shape. Figure 3.1(a) and (b) show 
a smoothed N shape. Since the acoustic speed of PS beads, ~ 2380 m/s [79], is different 
from that of its surrounding water media, 1480 m/s, we used scaled bead size in the 
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simulation. That is, a reduction ratio of 0.622 [= 1480 / 2380] in bead’s size was used. 
Therefore, the effective sizes of 50 and 300 µm beads are 31.1 and 186.6 µm, 
respectively. The main beam of the spectrum of the N-shaped pδ(r0,t) is of a bell shape 
with maximum amplitude at 32 and 5.5 MHz for the 50 and 300 µm beads, respectively. 
Therefore, two theoretical piezoelectric transducers with central frequency of 5.5 and 32 
MHz and a –3 dB bandwidth of 60% were used. For microring resonators, the frequency 
response range was from DC to 90 MHz at –3 dB according to previous experimental 
results [19].  
The radius of the circle of detection is set at 8 mm, which was chosen to be close 
to our experimental conditions. The angular scanning range was 2π with 72 steps and the 
photoacoustic signals were sampled at a sampling rate of 1 GHz. Figure 3.1 shows the 
simulated temporal signals detected from the 50 µm and 300 µm diameter beads using 
three kinds of detectors: microring resonators and piezoelectric transducers with two 
types of frequency response described above. Compared with the relatively sharp N-
shape in Figure 3.1(b), the relatively smoothed N-shape signal in Figure 3.1(a) is mainly 
due to the finite duration of the pulse laser, ~ 6 ns, which is comparable to the acoustic 
transit time in the 50 µm PS beads, ~21 ns [= (50 µm)/(2380 m/s)]. A secondary factor is 
that the spectrum of 50 µm PS beads has a larger high-frequency component and thus 
more acoustic absorption loss was encountered. In Figure 3.1(c)-(f), the N-shape 
disappeared due to the impulse response of a limited bandwidth of the piezoelectric 
transducers. Figure 3.1(c) shows the 50 µm PS beads detected by relatively low-
frequency transducers and thus the signal was largely expanded in time domain. Figure  
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3.1(f) is the opposite: a high-frequency transducer catches only the sharp boundary part   
of the N-shape. Figure 3.1(d) and Figure 3.1(e) is similar because one is the scaling of the 
other. 
Figure 3.2(a)-(f) show the reconstructed images from the simulated signals,  
 
 
Figure 3.2 The reconstructed image of a 50 µm PS bead (left column) and a 300 µm PS 
bead (right column) using microring resonator detectors, piezoelectric transducers with a 
central frequency of 5.5 MHz and 60% bandwidth, and piezoelectric transducers with a 
central frequency of 32 MHz and 60% bandwidth, respectively. Note that the effective 
sizes of the beads in water are 31.1 and 186.6 µm, respectively. 
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corresponding to Figure 3.2(a)-(f), respectively. For better comparisons, the line profile 
of the reconstructed image and the original absorption distribution at y = 0 µm was 
plotted in Figure 3.3. Again, Figure 3.3(a)-(f) was extracted from the 2-D images in 
Figure 3.2(a)-(f), respectively. The reconstructed image shown in Figure 3.3(b) is in good 
agreement with the bead profile, which preserves both the boundary of the large bead and 
the uniform absorption distribution in the inner part. The boundaries of large objects 
generate relatively high frequency signals. The slowly varying absorption profile within 
the objects has characteristic low frequency components. In other words, only a detector 
with wideband response to photoacoustic signals can restore both types of features. In 
Figure 3.3(a), the smoothing of the boundary and the reduced imaging size, ~ 22 µm full-
width at half maximum (FWHM), is mainly due to the finite duration of the pulse laser 
and the water absorption, as described above. Figure 3.3(c) shows a very blurred image 
because the transducer catches only the very low frequency part of the spectrum from the 
50 µm PS bead. The sharp boundaries were not captured in Figure 3.3(a), (d), and (e), 
while in Figure 3.3(f), only the boundary was detected but not the uniform absorption 
inside the bead. 
 
3.4.2 Wideband photoacoustic tomography: experiments 
The experimental setup is shown in Figure 3.4. A black PS bead was first fixed in 
a gel made by mixing water and 1% agarose (GPG/LE, American Bioanalytical, Natick, 
MA). Then the phantom was placed in deionized water. A 532 nm pulse laser (Surelite I-
20 with ~ 6 ns pulse width, Continuum, Santa Clara, CA) was used to illuminate the  
 41 
 
 
Figure 3.3 The line profile of reconstructed image at y = 0 µm. The line profile (a)-(f) 
corresponds to the 2-D images (a)-(f) in Figure 6, respectively. Note that the effective 
sizes of the beads in water are 31.1 and 186.6 µm, respectively. 
bead. The laser light was delivered to the phantom through free space. The beam width 
was ~ 4.5 mm without any beam focusing. A circular rotation stage was used. The light 
source illuminating the bead was fixed in place while the detector rotated around the 
objects. 
In photoacoustic tomography experiments, we measured the transmission 
spectrum of the microring device, as shown in the inset of Figure 3.4. From the spectrum, 
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the probing wavelength was thus chosen at 1558.42 nm. A 49 µm-diameter black PS 
bead was first fixed in a gel. Then the phantom was placed in deionized water at a  
distance of ~ 6.5 mm from the device. A 532 nm pulse laser was delivered to the bead 
from top at a fluence of 9.5 mJ/cm2. During the experiment, the microring detector 
scanned around the sample at a radius of 6.5 mm from 0° to 360° with a step size of 5°. 
The photoacoustic signals were sampled for 5 µs at a sampling rate of 1 GHz.  
 
 
Figure 3.4 Experimental apparatus for photoacoustic tomography to image 49 µm and 
301 µm diameter beads. The PS beads produce an acoustic wave, and the microring 
resonator is scanned in a circular measurement configuration. The gel containing the PS 
bead and the microring resonator were immersed in deionized water. The inset shows the 
transmission spectrum of microring resonator.  
Figure 3.5(a) shows the reconstructed image from the experimental data and 
Figure 3.5(b) shows the detected photoacoustic signal at a particular angle and a 
simulated signal. The two signals agree well with each other. In principle, the signals 
detected from different angles should be similar since the object was positioned close to  
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Figure 3.5 Photoacoustic tomography of a 49 µm bead. (a) Reconstructed image; (b) 
Measured and simulated acoustic signals at one particular angle; (c) The line profile of 
the reconstructed image at y = -76 µm; (d) The line profile of the reconstructed image at 
x = -9 µm. The center of bead’s image is at about x = 9 µm and y = -76 µm. 
the center of the detection circle. A smaller size detector will alleviate the aperture effect 
and thus is helpful to expand the imaging area. Figure 3.5(c) and (d) show the line profile 
of the reconstructed image across the center, at y = -76 µm and x = 9 µm, respectively.  
As mentioned above, the scaled bead size was used to verify the reconstructed image. In 
real application, the speed of sound in most soft tissues is relatively constant (~ 1540 
m/s), and thus the tomography can reconstruct the original sizes of absorbers. Although 
the smoothing of the boundary in Figure 3.5(c) and (d) was relatively obvious due to the 
loss in the high-frequency and the finite pulse duration, an N-shape signal was 
maintained because of the wideband response of the polymer microring resonator. The  
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Figure 3.6 Photoacoustic tomography of a 301 µm bead. (a) Reconstructed image; (b) 
Measured and simulated acoustic signals at one particular angle; (c) The line profile of 
the reconstructed image at y = -309 µm; (d) The line profile of the reconstructed image at 
x = -229 µm. The center of bead’s image is at about x = -229 µm and y = -309 µm. 
reduced imaging size, ~ 25.5 µm FWHM, underestimates the scaled bead’s size, 30.5 µm 
[= 49 × 0.622], as predicted by simulations.  
For the case of 301 µm-diameter beads (BK300T, Microgenics Corp., Fremont, 
CA), the experimental setup and methods are similar except a lower fluence of 1.9 
mJ/cm2 was used because the black-dye bleaches more easily due to enhanced absorption 
in the larger beads. Figure 3.6 shows the reconstructed image and photoacoustic signals. 
The size of the reconstructed image fits the scaled size well, ~ 187 µm [= 301 × 0.622]. 
Unlike the 49 µm bead case, we were able to obtain an image size very close to the actual 
bead size because the laser pulse is sufficiently short for the large size bead and the main 
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temporal spectrum of 301 µm beads falls primarily in the low frequency range. The 
boundaries between the beads and the surrounding medium are imaged clearly.  
 
3.4.3 Discussion 
In the photoacoustic tomography of 301 µm PS beads presented in Section 3.3.2, 
it can be seen that the absorption distribution inside the beads is not as uniform as one 
would expect. This can be attributed to several factors. Firstly, since light travels 6 times 
longer distance in a 301 µm bead than that in a 49 µm bead, it can cause more non-
uniform absorption between the top and bottom parts of the beads. Besides the non-
uniform absorption in the vertical direction (i.e. along the light path), the peripheral part 
of the bead with less thickness is easier to have uniform absorption of light energy than 
the central part. That is, the non-uniform light absorption exists in the imaging plane and 
along the direction normal to the imaging plane. Assuming a spatially uniform laser light 
incident from –z to +z direction and an absorption coefficient of 50 cm-1 of the dye-doped 
beads, simulation results presented in Figure 3.7(a) and (b) show a more non-uniform 
absorption distribution in a 300 µm diameter bead compared to a 50 µm diameter bead. 
Secondly, since the refractive index of the PS beads is larger than that of water, light is  
focused to the central region of the bead, but not to a well-defined focal point due to the 
spherical aberration. This focusing effect might explain the brighter image in the center 
part of 301 µm diameter beads, as shown in Figure 3.6(a). Such effect will be much less 
serious in real applications because the refractive index of tissues is close to that of water 
[95-96] and the shape of tissue is more irregular. Thirdly, the requirement of the spatial  
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Figure 3.7 The simulated absorption distribution of (a) 50 and (b) 300 µm diameter 
beads. A spatially uniform light source and an absorption coefficient of 50 cm-1 of the 
dye-doped beads are assumed. 
uniformity of pulse laser energy is more critical when the object size is larger. These 
factors may explain a distorted N-shape acoustic signal in Figure 3.6 (a). The exact 
reason is under investigation.  
Finally, to evaluate the imaging resolution of polymer microring resonators, we 
compare a similar experiment of imaging hair fibers with a diameter of ~ 60 µm, as 
performed in [86] that used piezoelectric transducers. The zero-crossing widths of the 
positive main lobes of the reconstructed images are 270 µm, 120 µm, and 90 µm for the 
three transducers: 3.5 MHz, 10 MHz, and 20 MHz. These commercial transducers have 
nominal bandwidths of 50% to 80% of their central frequencies. The resolution of an 
image was defined in [86] as the width of the main lobe at zero-crossing point minus the 
width of the imaged hair. Therefore, the corresponding image resolutions were 
approximately 210 µm, 60 µm, and 30 µm for the above three transducers, respectively. 
In this work of using the microring detector to image the 49 µm PS bead, the zero-
crossing width of the reconstructed imaging is approximately 43 µm. Due to the 
mismatch of sound speed in PS and in water, the effective bead size in water is 30.5 µm. 
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Using the same definition as in [86], the image resolution is 12.5 µm, which is much 
higher than those obtained by the above three piezoelectric transducers. 
 
3.5 Photoacoustic tomography using low-noise small size 
microrings 
We conduct PAT to show the distinctive advantages provided by small size 
microrings. Both simulation and experiments of PAT with different detector sizes are 
demonstrated.  
 
3.5.1 Photoacoustic tomography: simulations 
To demonstrate the advantages of the small size microrings, we studied PAT 
images from both numerical simulations and phantom experiments in a 2-D case for 
convenience although 3-D imaging is equally feasible. PS beads with sizes of 100 and 50 
µm were considered in simulation. Due to the sound speed difference of PS beads, 2380 
m/s, and the surrounding water, 1480 m/s, we considered the effective sizes of 62 and 31 
µm in the simulation [20]. Two different sizes of beads were used to generate 
photoacoustic signals of different frequency ranges, and thus can evaluate the effect of 
frequency-dependent directivity of detectors. The beads were positioned at three different 
locations: from the center of scanning circle to off center positions at 4 mm and 8 mm, 
respectively, as shown in Figure 3.8. The scanning radius was 12 mm with a step size of 
3°/step, and the scanning center was set as coordinates (0, 0) with three beads at 
 48 
 
coordinates A (0,0), B (4,0), and C (8,0) mm. In order to have the same wide acceptance 
angle, smaller detector size is required for higher frequency signals. For comparisons, an 
aperture size 500 µm wideband hydrophone 
(http://www.acoustics.co.uk/products/hpm05-3) with a NEP of 200 Pa, similar to or 
worse than the NEPs of our microrings, was also simulated. 
 
 
Figure 3.8 Diagram of beads positions and scanning geometry in PAT experiments. 
The duration of 6-ns laser pulse, which will be used in experiments, is considered. 
In our case, L(t) in Equation (3.5) is mainly due to water absorption, which has an 
attenuation coefficient of 2.2 × 10−4 dB/mm-MHz2 [77]. D(t) includes the frequency and 
angular response of the detectors. A DC-100 MHz bandwidth is assumed for wideband 
microrings and hydrophones. The frequency-dependent angular response of microrings 
and hydrophones can be understood by considering a ring and disk piston transducer, 
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respectively. The theoretical angular response or directivity d has been described [78]: 
))sin(()( 0 θθ kaJd = and ))sin(/())sin(()( 1 θθθ kakaJd = for ring and for disk, 
respectively, where k = ωa/c is the wave number of the incident acoustic signal, a the 
average radius of the element, and θ the incident angle of the acoustic wave.  
 
 
Figure 3.9 Simulated PAT images of 100 µm PS beads (effective size = 62 µm) using 
different types of detectors. 
Figures 3.9 and 3.10 show the simulated PAT images of 100 and 50 µm size PS 
beads using 500 µm hydrophone and different sizes of microrings. In Figure 3.9, for the 
beads located at the center (i.e. position A) there is no difference in imaging contrast and  
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Figure 3.10 Simulated PAT images of 50 µm PS beads (effective size = 31 µm) using 
different types of detectors. 
resolution because the angle of all the impinging photoacoustic waves to the detectors are 
0°, which gives the best angular response of all four detectors. As the beads position is 
farther from the center, from position B to C, both image contrast and resolution 
deteriorate because of narrower angular response. The 500 µm hydrophone only produces 
a very blurred imaging in y direction along with very poor imaging contrast. This is 
primarily due to the large angular dependence of the detector response resulting in very 
small acceptance angle. Such undesirable effects can be effectively mitigated by using 
smaller size detectors, as can be seen in Figure 3.9 when the detector size is reduced from 
100 µm to 40 µm. Especially with a 40 µm microring, the imaging quality in position B 
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and C is almost completely restored and nearly identical to that of the central bead. A 
noticeable blurring is only observed for the bead at the far end position C.  
Next different bead sizes are evaluated for obtainable resolution. The PAT 
imaging of 50 µm beads are shown in Figure 3.10. Beads at position A have good 
imaging quality no matter what sizes of detectors are used, as explained above. However, 
the imaging quality of beads farther away from the center quickly deteriorates: the 50 µm  
bead becomes undetectable even at position B by using standard 500 µm size 
hydrophone. The situation improves by using smaller microring detectors, and a 40 µm 
size microring can produce acceptable image contrast for bead at location C. Comparing 
with 100 µm beads in Figure 3.9, the imaging quality of 50 µm beads suffers much more 
by using large size detectors. Take the images of 100 and 50 µm beads at position C by 
60 µm microring for example, the 1-D PAT profile along y of 100 µm beads have better 
imaging contrast and less blurring than that of 50 µm beads (Figure 3.11). This can be 
understood because that the smaller beads generate higher-frequency photoacoustic 
signals, and thus a smaller detector is needed to obtain wide enough acceptance angles. If 
the spatial resolution is defined as the FWHM, the 40 µm microrings yielded a high 
resolution of 22 µm in x-direction and 30 µm in y-direction for beads at position C with 
more than 0.5 imaging contrast. As a reference, previously reported virtual point 
detectors can only produce resolution of hundreds of µm [90-91]. Thus, with a low-noise 
small size microring, the high resolution and good imaging contrast can be preserved 
even in regions far from the center. While in principle a large scanning radius could 
mitigate the aperture effects, a scanning circle as small as the objects, such as a mouse 
head, can be used to minimize the attenuation of photoacoustic C signals.  
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Figure 3.11 Simulated 1-D PAT profile along y of (a) 100 µm and (b) 50 µm PS beads at 
position C using 60 µm microring detectors. 
 
3.5.2 Photoacoustic tomography: experiments 
Small rings with high sensitivity are obtained from extensive work to optimize the 
fabrication process. Detailed discussions can be found in References [22,24]. The 
photoacoustic signals were collected by a digital oscilloscope (WaveSurfer 452, LeCroy, 
Chestnut Ridge, NY) with a sampling rate of 500 MHz. The PS beads were fixed in a gel 
made by mixing water and 1% agarose (GPG/LE, American Bioanalytical, Natick, MA) 
and placed in deionized water. A 532 nm pulsed laser (Surelite I-20, Continuum,  Santa  
Clara, CA) with a 6 ns pulse duration was delivered from top to the beads. A circular 
scan around the objects was realized by using a rotation stage. During the experiment, the 
microring detector scanned around the sample at a radius of ~12 mm with a step size of 
3°.  
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Figures 3.12 and 3.13 show the experimental PAT images of 100 and 50 µm 
beads, respectively, reconstructed from signals taken from the microring detectors. The 
beads were positioned close to, although not exactly at, the coordinates (0, 0), (4, 0), and 
(8, 0) mm. For the 100 µm beads around position A, the imaged size well fits the 
effective size, ~62 µm, as shown in Figure 3.12. Furthermore, all sizes of microrings 
produce good imaging contrast. Only a little image distortion can be seen in the case of 
using 100 µm microring, which may result from the fact that the bead was not well  
 
 
Figure 3.12 PAT images of 100 µm PS beads (effective size = 62 µm) using microrings. 
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positioned at the center and the poorer directivity of the detector with the largest size of 
all used in our experiment. Overall, the image quality worsens from position B to C, as 
expected from the simulation results. On the other hand, the image quality is significantly 
improved by using 40 µm microring in all cases, also consistent with the simulation. A 
little discrepancy for all images between Figure 3.9 and 3.12 could be due to the non-
uniform laser absorption in the 100 µm beads [20]. For the 50 µm beads case, the 
experimental results in Figure 3.13 shows excellent agreement with the simulation results  
 
 
Figure 3.13 PAT images of 50 µm PS beads (effective size = 31 µm) using microrings. 
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in Figure 3.10, except for slightly lower imaging contrast in imaged beads around 
position B by 60 µm microring. These results serve as direct experimental proof that the 
small size microring detectors have much less aperture effects. For the beads around 
position C by 40 µm microring, a high resolution of 21 µm in x direction and 41 µm in y 
direction with imaging contrast of 0.5 was obtained, demonstrating the superior 
performance of the small size microring as compared with other detectors reported in the 
literatures. Development of even smaller microrings with high sensitivity would further 
improve the imaging quality at regions far from the center. 
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Chapter 4 Photoacoustic microscopy 
4.1 Introduction 
High-resolution microscopy in in vivo biomedical imaging enhances the 
understanding of various biological functions. For example, high-resolution brain 
imaging facilitates the studies of cognitive phenomena and neurological diseases. 
However, current pure optical microscopy has difficulties in in vivo imaging due to strong 
optical scattering and absorption of tissues, degrading the imaging resolution and signal-
to-noise ratio (SNR). Photoacoustic microscopy (PAM) suggests a potential solution. 
 Several schemes of photoacoustic microscopy have been explored. In terms of 
resolution, photoacoustic microscopy can be categorized into 2 types: acoustic-resolution 
photoacoustic microscopy and optical-resolution photoacoustic microscopy. The first 
type is also called dark-field confocal photoacoustic microscopy [97-101]. Figure 4.1 
shows the photoacoustic microscopy system [97]. An optical fiber is used to deliver the 
excitation laser light, which is monitored by a photodiode to solve the issue of energy 
fluctuation. To avoid stronger photoacoustic signals generated from surface than those 
from deeper targets to image, a conical lens is used to form a toroidal beam. Thus, 
annular illumination with a dark center, (i.e., dark field) is formed. The laser is then 
weakly focused on the target and an ultrasonic transducer focuses coaxially on the same  
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Figure 4.1 Dark-field confocal photoacoustic microscopy system [97]. 
region, giving a scheme of confocal excitation and detection. The time-of-flight 
photoacoustic signal is recorded by the ultrasonic transducer. The signal is converted into 
depth information, also called A-line, by assuming the speed of sound as ~1.54 mm/µs. 
Then, 1D depth image is consequently obtained. To produce two-dimensional (2-D) or 
three-dimensional (3-D) images, linear or raster scanning can be used, respectively. A 
high-frequency (>50 MHz) ultrasonic transducer with broad bandwidth is usually used. 
With such arrangement, both the lateral and axial resolutions are determined by acoustic 
signals. The numerical aperture and center frequency of the ultrasonic transducer 
determine the focal diameter, giving the lateral resolution, ~50 µm. The axial resolution, 
decided by the ultrasonic bandwidth, is ~15 µm. Ultrasonic attenuation in tissue 
determines the maximum imaging depth, greater than 3 mm [97-98]. As a result, dark-
field confocal system can image optical absorption contrast at depths beyond the optical 
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mean free path (~1 mm in human skin), and the ratio of penetration depth to resolution is 
greater than 100 [97-98]. Note that the ratio is scalable by changing the specification of 
ultrasonic detector. For example, a 5 MHz ultrasonic transducer can produce a 
penetration depth to 30 mm with resolutions of 560 and 144 µm in the lateral and axial 
directions, respectively [99].  
 The acoustic resolution is not able to resolve capillaries, the smallest blood 
vessels. To solve the issue, the optical-resolution photoacoustic microscopy, capable of 
imaging single capillaries, is proposed [102]. The light is focused through an objective 
lens with a numerical aperture of 0.1, resulting in a high lateral resolution, ~5 mm, 
decided by the optical focal diameter. In work [102], a beam combiner is used to merge 
light delivery and ultrasonic detection. The submicrometer can potentially be achieved by 
increasing the numerical aperture of optical lens although the soft-depth limit should be 
considered for optical focusing [103]. A penetration depth of 0.7 mm has been 
demonstrated and the axial resolution is estimated to be 15 µm, as defined by the 
transducer bandwidth of 100 MHz [102]. While the lateral resolution is improved by the 
optical focusing, the axial resolution is still limited by the bandwidth of the ultrasonic 
detector, yielding a highly asymmetric voxel. High axial resolution and a more symmetric 
voxel would be desired for 3-D high resolution imaging. The axial resolution is linearly 
dependent on the detector bandwidth. For example, an axial resolution of 1.5 µm would 
require a 1 GHz bandwidth detector. To use such high acoustic frequencies, the strong 
acoustic attenuation, degrading the imaging depth, should be considered. A 300 MHz 
acoustic wave is attenuated at a rate of ~20 dB/mm in water and ~80 dB/mm in tissue 
[102]. Thus, besides bandwidth, the ultra-high sensitivity is required to have applicable 
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imaging depth. 
 The optical ultrasonic detector, the polymer microring resonator, could potentially 
improve the axial resolution to several micrometers because it has potential to achieve 
GHz bandwidth. The approach makes a more symmetric voxel for photoacoustic 
microscopy. The noise level of microring ultrasonic detectors can be reduced by 
increasing the cavity Q factor. Experimental results have shown an ultra-high Q factor of 
3 × 105 and a low noise-equivalent pressure of ~20 Pa over a 75 MHz bandwidth [24]. In 
fact, it is possible to achieve even lower noise with improved fabrication and/or design. 
The high sensitivity and high resolution in both lateral and axial enables single red blood 
cell detection, which can also be applied to some non-imaging sensing, such as flow 
cytometry. Next Chapter will show the flow speed measurement by photoacoustic 
methods. 
 
4.2 Photoacoustic microscopy using microrings 
Polymer microring resonators have very wideband response and can potential 
achieve GHz bandwidth. With the hope that microrings can provide high axial resolution 
in photoacoustic microscopy, enabling a more symmetric voxel, the pure optical 
photoacoustic microscopy (POPAM) is proposed and demonstrated. In POPAM, a thin 
film optical resonator is used to replace the piezoelectric acoustic receivers. The inherent 
broad band response of the optical thin film structure to acoustic waves, combined with 
rastering of a focused optical excitation beam can produce both axial resolution and 
lateral resolution comparable to that achieved in optical microscopy. The high resolution, 
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immunity to electromagnetic interference and good biocompatibility of POPAM open an 
opportunity to molecular imaging with less invasive and more convenient methodology.  
 POPAM, not only a novel receiver for PAM, but it also paves the way for 
exploration of imaging the contrast of optical absorbance on the micron and submicron 
scale. Even super resolution, breaking the limitations of diffraction, is possible in the 
future. To our knowledge, no work on POPAM has been published so far, though 
resonant optical structures such as etalons, fiber gratings and dielectric multilayer 
interference filters have been studied as ultrasound sensing elements for photoacoustic 
measurement or tomography [16, 104]. The photoacoustic signals are much weaker and 
involve much higher frequency components for micro- or submicro-scale objects, such as 
capillaries or components of individual red blood cells in the case of microscopy 
compared with the signals from large vasculatures on macro-scale for tomography. 
Achieving some of the potential of POPAM has been a challenge. 
In this work, our proof-of-concept studies aim to construct a POPAM prototype 
and demonstrate its superior resolution capabilities. The preliminary results for imaging 
mouse bladder ex vivo and mouse ear in vivo suggest excellent performance of POPAM 
over conventional PAM. 
 
4.2.1 Methods and results 
The left panel in Figure 4.2 presents the schematic of an POPAM setup based on 
the highly sensitive broad bandwidth microring resonator. The resonator has ring-shaped 
form coupled with a straight waveguide serving as optical input and output. Such 
microring detectors have been shown to have an almost flat band response up to ~100  
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Figure 4.2 (left panel) schematic of a preliminary POPAM system based on a microring 
resonator. (middle panel) maximum amplitude projection (MAP) image of the USAF 
resolution template group 7. (right panels) A-line signals along the Z axis of the images 
of the USAF resolution template with POPAM (right upper panel) and conventional 
PAM with Onda transducer (right lower panel). The inset at upper left shows a scanning 
electron micrograph of a polystyrene microring with 30 µm radius used in this 
experiment. 
MHz [19, 105]. The microring resonator fabricated on a silicon chip was covered by a 
Mylar protective layer to screen out the exciting laser beam from a Nd:YAG laser (Spot-
10-200-532, Elforlight Ltd, UK). The Nd:YAG laser working at 532nm wavelength has a 
pulse duration of 2 ns and a repetition rate (PRR) of 1KHz. The laser light was spatially 
filtered by an iris and then expanded to a parallel beam which was rastered over the tissue 
object by 2-D Galvanometers. The intensity and the stability of the laser beam was 
monitored and calibrated by a photodiode (DET10A, Thorlabs, NJ). An achromatic lens 
with a focal length of 50 mm was used as the objective lens. On the Mylar protective 
layer, one coupling pad layer was used to optimize the coupling of the photoacoustic 
(a) 
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signal from the sample into the microring resonator detector. A tunable laser (TLB-6312, 
New Focus, CA) provided the light source for the microring resonator at a wavelength 
tuned to the maximal slope of the resonance peak of the microring’s transmission 
spectrum. A low noise photodiode (1801-FC, New Focus, CA) was used to record the 
change of the intensity of the light through the microring resonator which reflects the 
waveform of the photoacoustic signal. The photodetector has a DC output gain of 1 
V/mA and AC output gain of 40 V/mA with nominal -6dB electrical bandwidth of 
25kHz-125MHz. Using the DC output, the microring’s transmission spectrum can be 
measured. Throughout the experiment, a commercial calibrated Onda transducer (HNC-
1500, Onda, CA) with -10dB bandwidth of 300 kHz-20 MHz was utilized to realize 
conventional PAM as a control to evaluate the performance of the POPAM. The PAM 
with Onda transducer shared the same optical focusing and scanning components with 
POPAM. The Onda transducer operated on a reflection mode at a same distance from the 
target as the microring resonator working on a transmission mode. 
Polymer microring devices were fabricated on a 4-µm-thick SiO2 on a Si substrate 
using nanoimprinting technique [73]. With an improved technique in the mold fabrication 
and the design of operating wavelength around 780 nm where the absorption loss of 
polymer and surrounding water cladding is minimized, an ultra-high Q factor of 3.5 × 105 
was achieved. The microrings used in this study have a size of 60 µm in diameter and the 
polymer waveguides have a cross section of 1.4 × 1.4 µm2. A single-mode and a multi-
mode optical fiber were aligned with the input and output of the straight waveguide, 
respectively, and then fixed using UV curable epoxy. Polymer microring device is 
favorable in POPAM because of its ultra-low noise and broad bandwidth [19, 22, 24]. A 
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much lower noise-equivalent pressure (NEP) compared with other types of optical 
resonant structures [104] has been demonstrated and further improvement of NEP is 
possible by designing much higher-Q device and/or by coupling more power into 
waveguides. From optical point of view, the detector’s response time will be limited by 
the cavity’s photon lifetime which is the time required for energy to decay to 1−e  its 
original value and is given by ωτ
Q=  [106]. Inverse of the response time will give the 
cut-off frequency. So our current device’s frequency response can be up to 6.7 GHz. 
From acoustic point of view, a maximum modulation frequency of 570 MHz can be 
estimated considering the 1.4-µm-thick PS waveguide and the acoustic impedance of the 
cladding, polymer, and the substrate [32]. If assuming strong acoustic reflections from the 
rigid substrate and negligible reflections from the cladding-polymer boundary, an 
approximated formula gives a quick estimation on the bandwidth limit:  
kl
kl
kPl
|)sin(|2
|)(| =  ,       (4.1) 
where P is the mean distribution of stress across the thickness l of the sensing film due to 
an normally incident plane acoustic wave with wave number k. The POPAM with 
microrings has the potential to achieve higher axial resolution if more broadband signals 
can be detected, which requires a photodetector with higher frequency response than used 
in the current experiment. 
The lateral resolution of the POPAM was measured by imaging an USAF 
resolution template (T-20-P-TM, Applied Image Inc, NY). The middle panel in Figure 
4.2 shows the maximum amplitude projection (MAP) image of the resolution template, 
where the 6 bar elements of the group 7 can be resolved with the gaps up to 2.19 µm with 
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modulation transfer function (MTF) value of 34%. Fitting the MTF to 50% yields a 
lateral resolution of 2.5 µm. The PAM with Onda transducer shows the same lateral 
resolution because they shares the same optical focusing and scanning architecture which 
determines the lateral resolution of the system. In tissue imaging, the lateral resolution 
will deteriorate mildly due to the optical scattering. However, when the sample is 
optically thin (i.e. within one mean free path), the deterioration of the lateral resolution is 
insignificant [102, 107]. To quantify the axial resolution, typical A-line signals extracted 
from the images of the USAF resolution template were used as approximations of axial 
point-spread-functions (PSFs). The right upper panel in Figure 4.2 depicts the axial PSF 
of POPAM; while the right lower panel in Figure 4.2 depicts the axial PSF of 
conventional PAM with Onda transducer. According to Rayleigh criterion, the PSFs 
show that this initial experiment of POPAM based on the microring resonator provided 
an axial resolution of 8 µm, close to the lateral optical resolution achieved; while PAM 
based on the Onda transducer gave a much larger axial resolution of 105 µm. 
The bladder excised from CD1 mouse (CD1, Charles River, MA) was imaged ex 
vivo. The MAPs (Figure 4.3) of the images of the vasculature of the mouse bladder 
acquired with POPAM (upper row) and conventional PAM with Onda transducer (lower 
row) show the same views in the sample, since the POPAM and PAM shared the same 
optical scanning and the sample was not moved between scans. MAPS on the XY planes 
acquired with POPAM and PAM render a consistent structure of the bladder vasculature 
with same resolutions. The difference of the contrast distributions between them is due to 
the different positions of the microring resonator and onda transducer, one working in  
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Figure 4.3 MAPs on XY,XZ, YZ planes of the ex vivo images of the vasculature in a 
mouse bladder wall acquired with POPAM (upper row) using microring and conventional 
PAM using Onda transducer (lower row). 
transmission mode and another working in reflection mode. MAPS on the XZ and YZ 
planes acquired with PAM indicated a tail-trail from microscale vessels along the axial 
direction, initially thought to be due to the limited bandwidth of the Onda transducer. 
MAPS on the XZ and YZ plane acquired with POPAM indicated no tail-trail effect. The 
microscale capillary net with apparently large vasculature hiding in it can be clearly 
rendered. All the images in Figure 4.3 were acquired without averaging and proving 
maximum contrast to noise ratios of 26 dB for POPAM and 29 dB for PAM. The 
commercial Onda transducer has a high sensitivity providing noise equivalent detectable 
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pressure (NEDP) value of 19 Pa. The results of POPAM give an estimation of the 
sensitivity of microring resonator of NEDP value of 29 Pa, comparable with Onda 
transducer, much higher than other optical resonant structures available for acoustic 
measurement with NEDP on the order of magnitude of hundreds of Pascal. 
The high sensitivity of microring resonator provides the POPAM the potential 
ability to detect the weak signal even from individual red blood cells. To verify this, we 
prepared a CD1 mouse bladder which was stored at 5°C for 48 hours after excision before 
imaging. The left upper panel in Figure 4.4 shows its photo and the left lower panel in 
Figure 4.4 shows its MAP image on XY plane with POPAM, indicating that individual 
blood cells can be discerned clearly by POPAM with a curvilinear alignment along a 
capillary. We have also verified the feasibility of POPAM for in vivo imaging of 
vasculature through the experiment on the ear of CD1 mouse with body weight 30g. The 
animal experiment has been approved by the UCUCA of the University of Michigan. 
Before imaging, 0.03 ml Ketaset with ketamine 100 mg/ml was injected to anesthetize the 
mouse and hairs on the ear were removed using hair-removing lotion. The photo and MAP 
image of mouse ear are shown in the right upper panel and right lower panel in Figure 4.4, 
respectively. The branching of vessels at different deep layers can be clearly observed. 
Some smallest vessels have diameters of ~5 µm and are on the capillary level. The 
interesting thing is that most of single capillaries imaged in the in vivo mouse ear present 
the continuous tubular structure different with the discrete distribution of individual red 
blood cells imaged in the ex vivo mouse bladder. It is probably due to the flowing of 
blood cells and high concentration of blood cells in the microvasculature in the case of in 
vivo imaging. 
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Figure 4.4 Photos of mouse bladder ex vivo (left upper panel) and mouse ear in vivo 
(right upper panel). MAPs on XY planes from POPAM imaging mouse bladder ex vivo 
(left lower panel) and POPAM imaging mouse ear in vivo (right lower panel).  
 
4.2.2 Discussion and conclusion 
Different from the PAM with a low resolution along the axial direction that is 
limited by the bandwidth of the conventional PZT detector, new POPAM was validated 
for the first time in this work for its excellent axial resolution by using the super broad 
bandwidth optical microring resonator. The microring resonator was designed with high 
Q value providing high sensitivity with a NEDP value of 29 Pa. The sensitivity could be 
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improved by further reducing sidewall roughness of the microring to achieve much higher 
Q value and with higher laser input power. The 3-D structure of microvasculatures, 
capillary nets and even individual red blood cells, has been discerned successfully in the 
proof-of-concept experiments on mouse bladders and ears. The current POPAM system 
facilitates a lateral resolution of 2.5 µm and an axial resolution of 8 µm. Taking into 
account the objective, lens we adopted for the POPAM has the numerical aperture (NA) 
of 0.51, its lateral resolution could be improved by changing the objective lens with larger 
NA. The achieved axial resolution of the current POPAM is still far from the theoretical 
potential of the microring resonator. With the increased bandwidth of the microring 
detector, the bandwidth of the low-noise photodiode detecting the optical signal from 
microring resonator will also need to be increased in order to obtain the better axial 
resolution. 
POPAM can provide 3-D resolution comparable to optical microscopy but 
completely different contrast information sensitive to the vasculature, oxygen 
concentration distribution, etc. The miniaturized size of microring detector and the 
biocompatibility of pure optical photoacoustic microscopy open an opportunity to 
noninvasive endoscopic imaging of a variety of diseases. POPAM, as a compliment to 
existing modalities, may also contribute to in vivo molecular imaging by staging and 
characterizing angiogenesis of the cancer as well as monitoring cancer therapy. One of 
the potential applications is for bladder cancer which is the fourth most common cancer 
and the ninth most common cause of cancer death among men. In Figure 4.3, the 
preliminary results on mouse bladder have demonstrated the feasibility of POPAM to 
identify the vasculature structure of the bladder up to a depth of 0.7 mm at the accuracy 
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of microscale. The microring resonator has a size of 60 microns in diameter and is 
already fiber-connected. The small size of the microring detector and its fiber optical 
based design could significantly benefit endoscopic imaging of bladder cancer. 
In addition to facilitating new imaging capabilities, POPAM could also guide and 
optimize the treatment of bladder cancer, for instance, with potential integrated optical 
angiogenesis therapy. Should this technique be validated, it will show very broad 
application in diagnosis and image guided treatment of a variety of other diseases, such as 
breathing disorders, chronic diarrhea, incontinence, internal bleeding, irritable bowel 
syndrome, stomach ulcers and urinary tract infections. 
 
4.3 Design of co-axial reflection mode photoacoustic 
microscopy 
 The current setup of POPAM is in transmission mode. In fact, reflection mode is 
preferred because it is applicable to more anatomical sites than orthogonal or 
transmission mode. Thus, microrings fabricated on a transparent substrate are developed. 
Besides, the ring-shaped microrings can provide lateral resolution by utilizing the angle-
dependent sensitivity. Figure 4.5 shows the schematic of co-axial reflection mode PAM. 
With a proper design of microring size, it is possible to have the high lateral resolution of 
several micrometers and has potential to achieve sub-micrometer scale. In this case, the  
optical focusing is not necessary although a weakly focused beam can be used to provide 
better sensitivity. For optical-resolution PAM [102], the laser should be strongly focused 
to obtain very high lateral resolution, which may sacrifice the imaging depth in biological 
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tissues due to soft-depth limit [103]. The co-axial reflection mode PAM using microrings 
may have potential to provide ultrahigh lateral and axial resolutions at moderate imaging 
depths for biomedical imaging. 
 
 
Figure 4.5 Ultasound arrived microring in phase, which enables the co-axial scheme of 
pulsed laser and ultrasound. 
 
4.3.1 Fabrication of microrings on a transparent substrate 
Previously, we fabricated the microring resonator on the substrate of silicon 
dioxide on silicon by nanoimprint technique [73]. To have the photoacoustic microscopy 
operated on a reflection mode, the microring resonator should be fabricated on a 
transparent substrate. Fused silica is used because its refractive index is similar to that of 
silicon dioxide. To access the input and output of optical bus waveguides of microrings 
by butt-coupling methods, we need to have good waveguide edges. However,  
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Figure 4.6 (a) Fabrication method of microring on fused silica (b) Measured transmission 
spectrum of microring on fused silica. 
conventional cleaving used in silicon is very difficult to apply in fused silica. Thus, a 
different process for easy cleaving of microring on fused silica is developed. Figure 
4.6(a) shows the schematic of the process flow. We first prepared a piece of fused silica 
with size slightly larger than that of the mold. Next, we used the dicing saw machine to 
produce two trenches on the backside of fused silica along the direction perpendicular to 
the bus waveguide which will be fabricated on the front side of fused silica later. We 
spin coated the polystyrene (PS) polymer. In order to have high quality factor of 
microring cavity, PS was chosen because of its high refractive index. For imprinting, the 
mold was aligned with the fused silica to have the microring between the two cut 
trenches and then a similar procedure of imprinting on silicon substrate was applied to 
produce the microring patterns. Finally, the sample was cleaved along the two trenches 
which are relatively fragile. The transmission spectrum of microring on fused silica 
measured in water surroundings is shown in Figure 4.6(b). The quality factor is around 
5000, similar to that of PS microring imprinted by the same mold on silicon substrate  
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Figure 4.7 Simulations of lateral resolution provided by microring resonators. 
[19]. This test shows the feasibility of microrings on a transparent substrate. In the 
future, we plan to try the fabrication using the mold which can produce ultra-high Q 
microring resonators and integrate the high-sensitivity microring with photoacoustic 
microscopy system to realize reflection mode PAM.  
 
4.3.2 Estimation of lateral resolution  
To evaluate the lateral resolutions provided by angle-dependent sensitivity of 
microrings, the simulation is performed. Here, we considered a 2-ns pulsed laser and 120 
MHz bandwidth of the detection system, including the response of microrings and the 
bandwidth of photodetector. Water attenuation of 2.2 × 10-4 dB/mm-MHz2 is also taken 
into consideration. Figure 4.7 shows the simulation results of lateral resolution at 
different imaging depths. Different sizes of microrings are considered. With a 2 mm 
microring resonator, the lateral resolution less than 10 µm can be achieved at depth of 1 
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mm; the submicrometer resolution is potentially possible at depth ~100 µm. 
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Chapter 5 Photoacoustic endoscopy 
5.1 Introduction 
Photoacoustic imaging is a noninvasive imaging method, which utilizes 
excitation from a pulsed laser energy source. Photoacoustic imaging has attracted 
considerable attention in recent years. Biomedical applications such as in vivo brain 
imaging and breast cancer diagnosis have been demonstrated [60, 87]. It is a promising 
modality for the study of functional and structural organization of biological tissue. 
However, to image internal organs, such as the wall of the stomach and esophagus, the 
imaging resolution can be degraded due to large depth. In fact, the photoacoustic 
endoscopy can be applied to circumvent the above issue by imaging from the inside of 
internal organs. Such imaging scheme enables exceptional imaging depth for target 
organs, providing great clinical values. For this reason, it is necessary to develop a probe 
for photoacoustic endoscopy imaging modality. 
Endoscopic photoacoustic imaging has been developed and applied in recent 
years. The built probes have been used to image the inflammation in the atherosclerosis 
plaque [108], a rat abdominal surface [109], and colorectal cancer tissue [110]. In all 
these works, piezoelectric transducers were used. Wideband response of the detector is 
essential for high-resolution photoacoustic endoscopy. High sensitivity is required for in 
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vivo study. Small sizes of the probe will facilitate the clinical applications. However, the 
realization of such ideal probe using piezoelectric technology is limited due to finite 
bandwidth and degraded noise-equivalent pressure (NEP) in small transducer size. One 
way to avoid these issues is to use optical method for ultrasound detection. 
Polymer microring resonators as a sensitive ultrasound sensor have been studied 
and utilized for some applications recently [16-24]. The advantages include immunity 
against electromagnetic interference, high acoustic bandwidth, potential for 
miniaturization [111], and sensitivity primarily dependent on the slope of optical 
spectrum rather than detector size. In this work, we have newly designed and fabricated 
a miniaturized imaging probe, including light excitation source and ultrasound detectors 
based on polymer microring resonators, for photoacoustic endoscopy applications. In the 
following section, we will describe the probe design and implementation. The resolution 
will be calibrated by performing B-scan images of a small carbon fiber. The technical 
discussion will also be given.  
 
5.2 An integrated photoacoustic endoscopy probe 
Figure 5.1(a) shows a schematic of our photoacoustic endoscopy probe, where an 
optical fiber for laser pulses delivery, a photoacoustic signal detector (polymer microring 
resonators with input/output fibers connected), and a light-guiding prism are integrated. 
External laser pulses delivered by an optical fiber are turned 90 degree after total internal 
reflection by an optical prism, and then emitted through the transparent fused silica 
substrate of the polymer microring resonator. The sent pulsed laser spots are positioned  
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Figure 5.1 (a) Schematic of the photoacoustic endoscopy probe. (b) Picture of the 
fabricated probe with ~ 5 mm in diameter.  
around the central part of microring. Finally, the laser pulses are absorbed by the target 
and generate photoacoustic waves by thermal expansion. The produced photoacoustic 
signals are detected by the polymer microring resonators on a reflection mode. The 
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spatial peak of laser pulses is roughly above the center of the microring. Hence, the 
microring can have the best response because the incoming photoacoustic waves impinge 
on the microring in phase. It is important to have the laser peak with the center of 
microring coaxially, especially for high-frequency signals in the high-resolution 
photoacoustic endoscopy.  
Figure 5.1(b) presents the pictures of the assembled endoscopic probe, including 
an optical fiber and the microring resonator with connection of its input/output fibers. 
The probe has a maximal thickness of 5 mm, mainly from the diced piece size of fused 
silica. The rigid part has a total length of 35 mm and the flexible part is composed of 
optical fibers, including input/output fibers of microrings and the optical fiber for the 
laser pulses delivery. In section 4.3, we have introduced the fabrication process of 
microring resonators on transparent substrate. The microring device on fused silica used 
here mainly follows that process. 
 
 5.3 Calibration of photoacoustic endoscopy probe 
The experimental setup shown in Figure 5.2 was used to calibrate the 
performance of the probe. A continuous-wave tunable laser source (HP 8168F, Agilent 
Technologies, Santa Clara, CA) was connected to the input fiber, and the output fiber was 
connected to a photodetector (1811-FC, New Focus, San Jose, CA), which has an 
electrical bandwidth of 25 kHz-125 MHz. The output of the photodetector was recorded 
by a digital oscilloscope (WaveSurfer 452, LeCroy, Chestnut Ridge, NY) with a  
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Figure 5.2 Experimental setup for the probe calibration. 
sampling rate of 1 GHz. A 532 nm pulsed laser (Surelite I-20, Continuum, Santa Clara, 
CA) with a 6 ns pulse duration was focused by a lens and then coupled into an optical 
fiber with a core size of 550 µm. To demonstrate the high-resolution, a small phantom of 
6 µm carbon fiber was fixed in a gel made by mixing water and 1% agarose (GPG/LE, 
American Bioanalytical, Natick, MA) and placed in deionized water. A circular scan 
around the integrated probe was realized by using a rotation stage. The integrated probe 
was positioned close to the rotation center. During the experiment, the objects scanned 
around the endoscopic probe at a radius of 6 mm with a step size of 0.5°.  
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The carbon fiber can be treated as a line target because the diameter of carbon 
fiber is shorter than the central acoustic wavelength of the microring detector system. The 
maximal detected time-domain photoacoustic signal of carbon fiber, usually when the 
phantom is right above the microring, is shown in Figure 5.3(a). From the time-domain 
signal, we estimate the carbon fiber is 2.7 mm from the probe edge. Figure 5.3(b) shows 
the spectrum of the signal in Figure 5.3(a). Very wideband signals of 13-64 MHz at -6dB 
was obtained and signals from DC to 120 MHz are still more than -20 dB. The signal-to-
noise ratio (SNR), defined as the peak signal amplitude to the noise fluctuation (standard 
deviation), of the detected A-line signal was 22 dB after 32 times signals were averaged. 
 
 
Figure 5.3 (a) Photoacoustic A-line of the carbon fiber. No filter was applied. SNR = 22 
dB after 32 times signals were averaged. (b) Frequency spectrum of the signal in (a). 
Hilbert transform (envelope) was applied to all detected A-line photoacoustic 
signals, which is typically used in B-scan ultrasound and photoacoustic imaging. From 
the envelope, we determined the radial resolution based on the -6 dB width from the 
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maximal A-line signal. The calibrated radial resolution was up to 21 µm, resulted from 
the wideband response of microring detectors. Figure 5.4(a) shows the transverse, or 
angular, point spread function (PSF) of the carbon fiber. The angular resolution is 7°. 
Considering a radius of 6 mm, the calibrated transverse resolution is around 750 µm. The 
photoacoustic B-scan images of the carbon fiber are plotted in Cartesian and polar 
coordinate formats in Figure 5.4(b) and (c), respectively.  
 
 
Figure 5.4 (a) Transverse point spread function for the carbon fiber (b) Photoacoustic 
image of a carbon fiber: Cartesian coordinate representation. (c) Polar-coordinate 
representation of image. 
 
5.4 Discussion and conclusion 
We compared the characteristics of our probe with those of other endoscopic 
probes fabricated by piezoelectric detectors, shown in Table 5.1. Our 5 mm probe size is 
similar to that in [109]. The fused silica piece can be diced smaller. A thin fused silica 
substrate can also be chosen. Small prisms or angle cleaved fibers can be used. Combined 
all these changes, the probe less than 2 mm is technically possible. Moreover, our probe  
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Device size Transverse resolution 
Radial 
resolution 
[108] 0.83 mm 
(light source is not integrated) 
5.5 degree 
(~480 µm for 5 mm radius) 
38 µm 
[109] 4.2 mm 230 µm 52 µm 
[110] 10 mm 2400 µm 320 µm 
This work 
5 mm 750 µm 21 µm 
Table 5.1 Sizes and resolutions of endoscopic photoacoustic probes 
has good radial resolution up to 21 µm, which is much better than the others. Currently, 
the poor transverse resolution of 750 µm is mainly due to the large laser spot. It can be 
improved using fibers with small core sizes. To facilitate the photoacoustic endoscopy 
probe for clinical applications and animal experiments, the input and output should be 
designed at the same side, which can be realized by changing the bus waveguide routing 
in mold fabrication. Our current device is able to perform B-scan images by rotating the 
phantoms, which can be applied in some ex vivo study. By designing the microring 
resonator with detection direction along the probe’s longitudinal direction, a micro motor 
with a prism mirror can be used to guide pulsed laser and photoacoustic signals [109], 
enabling the capability to perform B-scan imaging in situ or in vivo. 
We developed an endoscopic photoacoustic probe with the integration of an 
optical fiber and the microring ultrasonic detector. The B-scan photoacoustic endoscopy 
has been performed. The fabricated probe can achieve high radial resolution of 21 µm. 
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By changing the fiber with small core size, the transverse resolution can be improved. 
The probe based on microring resonators has potential for high-resolution photoacoustic 
endoscopy with a small size (less than 2 mm). With the design of microring detection 
direction along the fiber direction, we can further engineer the probe for in vivo 
applications. In the future, it will be of great interest to fabricate the probe based on 
microring to achieve high resolution in both radial and transverse direction, small device 
size without sacrificing sensitivity, and the capability to perform circular scan. 
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Chapter 6 Photoacoustic correlation spectroscopy 
6.1 Introduction 
Fluorescence correlation spectroscopy (FCS) is a powerful technique widely used 
in analytical chemistry and biological research [112]. In FCS, fluctuation of fluorescence 
intensity of a small number of fluorescent molecules is analyzed using temporal 
correlation. FCS has found a wide range of applications [113-114]. We propose a 
technology, photoacoustic correlation spectroscopy (PACS), by extending the 
fluorescence detection in FCS to the acoustic signal domain. The PACS is based on 
pulsed laser excitation. Autocorrelation is performed using measured photoacoustic (PA) 
signals, and the term “spectroscopy” refers to time-spectrum rather than in common 
usage as a frequency spectrum. PACS is different from other techniques using PA effects 
in correlation measurements, such as photoacoustic spectroscopy (PAS) [115] and 
correlation photoacoustic spectroscopy (CPAS) [116]. PAS was to analyze the absorbing 
chemical groups of samples from the measured IR spectrum. CPAS measures the cross 
correlation between excitation source and detected acoustic response. CPAS was mainly 
used to study static properties such as depth-profiling and thermal imaging. In contrast, 
the specific purpose of the PACS technique is to study functional dynamics of PA 
species. 
The smallest of a body’s blood vessels are capillaries, serving the exchange of 
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water, oxygen, carbon dioxide, and nutrients between blood cells and surrounding tissues. 
The flow speeds of red blood cells (RBCs) through capillary networks are affected by 
various factors such as metabolic demand and heart rate [117-118]. Analysis of capillary 
flow benefits disease diagnosis and treatment. For example, study of the alteration of 
retinal capillary flow velocity may help to identify patients at high risk for 
cerebrovascular diseases [119].  
Current blood velocimeters such as Doppler-related techniques and 
optical/ultrasound particle image velocimetry employ the scattering properties of tracer 
particles to provide imaging contrast [120]. This dependence on scattering by tracers may 
limit the sensitivity, resolution, and detection depth due to a high optical scattering 
coefficient in tissue and much stronger ultrasonic reflection from tissue boundaries than 
ultrasonic scattering from tracer particles. Take Doppler techniques for example. Doppler 
ultrasound method is not easy to detect the flow speed less than 1 mm/s [121]. Doppler 
optical coherence tomography has difficulties in flow measurement at depth greater than 
1 mm [122]. The above methods have limitations in measuring flow speeds in capillaries 
at sufficient depths, up to ~5 mm. One way to overcome these limitations is using PA 
signals from the RBCs excited by a pulsed laser, which circumvents the diffusive light 
scattering in tissues [123]. Recently, PA blood flow speed measurements have received 
growing attention [123–126].  
In this work, we first conduct a phantom experiment on flow measurement to 
demonstrate the feasibility of PACS technique. The PACS flowmetry for assessment of 
microvascular blood flow has several advantages. (1) It provides a label-free 
measurement because the high optical contrast between RBCs and the surrounding tissues 
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[127]. (2) Low scattering of sound signals enables high imaging depth. (3) Wide range 
flow speeds can be measured by properly designed temporal resolution and probe beam 
size. (4) Photoacoustic microscopy (PAM) scheme can be used to provide high spatial 
resolution [102], providing the ability to measure blood flow speeds in capillaries. The 
PACS technique for in vivo blood flow speed measurement in capillaries in a chick 
embryo model is also demonstrated. 
 
6.2 Theory of PACS 
Light-absorbing beads generate PA waves when they absorb laser energy and 
undergo an instantaneous thermal expansion. In PACS, we name the counterpart of 
fluorescence intensity in FCS as PACS strength. It can be expressed as 
∫≡ rdtrnrItP 3),()()( ,      (6.1) 
where I(r) is the normalized spatial fluence distribution of the laser beam, and n(r,t) is the 
bead concentration at position r and time t. The laser beam used in our PACS setup 
defines the probe volume. When the beads move in and out of the volume, the number of 
beads present in this volume, denoted as nin(t), fluctuates. Because PA pressure amplitude 
is not directly proportional to PACS strength P(t), the information of P(t) needs to be 
extracted by proper signal processing from the measured PA signals. In our flow 
measurement configuration, a one-dimensional (1-D) step excitation profile was used. 
Thus, I(x) = 1 at |x| ≤ w/2 and I(x) = 0 otherwise, where w is a width of the probe laser 
beam. The temporal autocorrelation of P(t) provides information about the average 
duration and strength of the fluctuations [128]. Specifically, the decay profile of the 
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autocorrelation function (ACF) G(τ) reveals the beads’ dwell time in the probe volume. 
The magnitude of G(0) is related to the number density of the beads in the probe region. 
The normalized ACF can be calculated as  
2)(/)()()( ><>+=< tPtPtPG τδδτ ,     (6.2) 
where δP(t) = P(t) − <P(t)> is the fluctuation of P(t) and < > denotes ensemble average. 
 
6.3 Low-speed flow measurement 
We choose a flow experiment because it is easy to obtain a range of dwell time. 
Analysis of flow for a step laser profile has been studied [129]. With a flow speed V of 
the beads, the ACF takes the following form:  
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where τ0 = w/V. Here, the diffusion of the beads due to Brownian motion is neglected, 
which is a reasonable assumption considering the long diffusion time, ≈⋅
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106 sec [130-131], where the Boltzmann constant kB = 1.38 × 10-23 J/K, the temperature 
T = 300 K, the viscosity coefficient η = 10-3 Pa·s, the bead radius a = 24.5 µm, and probe 
beam size w = 1.1 mm. 
The experimental setup is shown in Figure 6.1. A 532 nm pulsed laser (Surelite I-
20, Continuum, Santa Clara, CA) generating 6-ns pulses with a 20 Hz repetition rate was 
used as the probing light source. The laser beam (fluence ~70 mJ/cm2) illuminated the 
flow sample (49 µm diameter black polystyrene (PS) beads in water) with a beam width 
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of 1.1 mm. A microring resonator was used to detect the PA signals. Assuming the probe 
volume is around the origin, the detector was positioned in the x-z plane, (x,0,z), as 
shown in Figure 6.1. The photodetector output was fed to an oscilloscope (WaveSurfer 
432, LeCroy, Chestnut Ridge, NY). Beads were flowing in a tubing (inner diameter: 0.8 
mm) driven by a syringe pump. Flow rates were calibrated from 200 to 14 µm/s using a 
microscope.  
 
 
Figure 6.1 Experimental setup for PACS flow measurement. SMF, MMF, and PS stand 
for single-mode fiber, multi-mode fiber, and polystyrene beads, respectively. Beads flow 
in the x-direction. The PA signals were detected by using a microring resonator 
positioned in the x-z plane. The shape of the pulsed laser before and after a slit is 
illustrated. 
Figure 6.2(a)-(c) shows the measured PA signals from the PS beads at a calibrated 
flow speed of 33 µm/s. Figure 6.2(a) and (b) show the temporal PA waveform taken at a 
particular elapsed time before and after applying a low-pass filter (cutoff frequency: 50 
MHz). The complete PA signals collected are shown in Figure 6.2(c). As time elapses, 
temporal PA signals appear from 5.75 to 5.95 µs. Thus, we can determine that the 1-D  
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Figure 6.2 (a) Detected raw PA signals at a calibrated flow speed of 33 µm/s and at 
elapsed time = 309.1 s. (b) Signals after filtering. (c) Detected PA signals as a function of 
elapsed time, measured at the calibrated speed of 33 µm/s. The average distance from the 
beads to the detector was ~8.5 mm. (d)-(g) PACS strength fluctuation as a function of 
elapsed time. PACS strengths in (d)-(g) correspond to calibrated speeds of 200, 90, 33, 
and 14 µm/s, respectively. 
flow direction is away from the detector. For measuring three-dimensional (3-D) flow 
vectors, line scan FCS [132] can be applied to PACS. Figure 6.2(d)-(g) show the PACS 
strength P(t) for four calibrated speeds. It was extracted using collected temporal PA data 
to within a constant scaling factor by taking the root-mean-square value of the measured 
PA signals, which is suitable for a low-concentration solution. Due to a finite time 
duration needed for each data transmission from the oscilloscope to a computer, the 
available temporal resolution of our current PACS system is 0.8 sec, meaning one sample 
of P(t) per 0.8 sec. Noise in P(t) estimate was offset to zero for more accurate estimation 
of G(0) [130]. Figure 6.2(d)-(g) show that the beads dwell time becomes longer as the 
speed decreases. Different noise level in P(t) is due to different devices’ sensitivity. The 
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signal-to-noise ratio (SNR) of the filtered PA signals in the four cases was estimated as 
35, 26, 29, and 22 dB.  
The PACS curves are shown in Figure 6.3(a). The dotted points are 
autocorrelation curves calculated from Equation (6.2). The solid curves are the fits using 
Equation (6.3). The dwell times, τ0, obtained from PACS curves were 4.42−74.1 s. The 
measured flow speeds calculated from the relation V = w/τ0 were 249−14.9 µm/s. In 
Figure 6.3(b), the dotted points are the speeds by PACS measurement and the solid line 
represents results from direct measurement, which shows excellent agreement between 
the two. Discrepancy in the case of faster flow speed might be due to limited fitting 
points.  
 
 
Figure 6.3 (a) PACS curves of designed flow speeds of 200, 90, 33, and 14 µm/s. The 
solid curves are the corresponding fits. (b) The measured flow speeds by the PACS 
technique, shown in stars, versus the calibrated flow speeds. The solid line represents the 
results from direct measurement. 
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The extracted average bead number <nin> were 0.53. Accordingly, the 
concentration can be estimated as 0.96 mm-3 [= 0.53/(1.1×π×(0.8/2)2)], which is a little 
different from the designed concentration, ~0.69 mm-3. The former could have been 
overestimated because the nonuniform spatial fluence distribution of laser can result in a 
less-than-1 volume contrast [130, 133], and thus an underestimated probe volume. 
Longer measurement time and lower noise are helpful to determine the concentration 
more accurately. To measure a higher concentration in PACS, either a better detection 
scheme to distinguish nin(t) >> 1 or a small probe volume can be used. In the former case, 
a detector array enables imaging capability. In the latter case, the temporal resolution of a 
PACS system should also be improved according to the relation τ0 = w/V. Otherwise, the 
maximum measurable flow speed would be limited. As V increases, the flow time τ0 
decreases and eventually approaches the limit of system’s temporal resolution. A small 
probe volume also expands the minimum measurable V, which has no theoretical 
limitation in PACS flowmetry, by preventing prohibitively long time for measurement. 
Combining the two methods, PACS techniques can be further engineered for clinical 
applications.  
To show the potential of PACS to study microcirculation at significant depth, we 
analyze a case of photoacoustic detection of a RBC. Assuming the effective noise-
equivalent pressure (NEP) of a microring detector array is 2 Pa over 1-80 MHz and a 7 
µm RBC, the imaging depth is estimated as 4.6 mm by using an analysis similar to that in 
[19] with parameters: bloodeffµ  = 50 cm
-1, tissueeffµ  = 1 cm
-1, J0 = 20 mJ/cm2,  and A = 20 
dB/cm. In comparison, FCS for blood flow is limited by the optical transport mean free 
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path, ~1 mm in human skin. The spatial resolution of the probe volume can be several 
micrometers [102]. So it is feasible to use PACS technique to study randomly oriented 
networks of small microvessels. Our analysis shows that PACS has potential to study 
microcirculation with low flow speed in small capillaries. The high sensitivity and 
wideband properties of the microring detectors [19-24] enable deep imaging depth and 
high spatial resolution.  
 
6.4 In vivo flow speed measurement 
PACS uses the endogenous light-absorbing tracer particles, RBCs, which can 
absorb light 100 times more than the background if no other absorbers are within the 
excitation volume. In the previous work, a pulsed laser without focusing was used, which 
limited the spatial resolution and sensitivity. Besides, the range of measurable flow 
speeds was restricted due to low pulse repetition rate. In the current work, we use laser-
scanning PAM [107, 134] to meet the demanding requirements for speed measurement in 
capillaries, which, for the first time, facilitated study on biological samples in vivo.  
In the laser-scanning optical-resolution PAM system, the ultrasonic detector was 
kept stationary while the laser was raster scanned by an x-y galvanometer scanner. We 
used a Nd:YAG laser (Spot-10-200-532, Elforlight Ltd, UK) working at 532 nm 
wavelength with a pulse duration of 2 ns. A highly sensitive custom-built needle 
hydrophone with a center frequency of 35 MHz and a –6 dB bandwidth of 100% was 
used for ultrasonic detection and was aligned to the scanned region of laser light. For 
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flow speed measurement, the laser light was positioned and stayed at a designated point 
on a capillary by controlling the galvanometer fixed at a corresponding angle.  
 
 
Figure 6.4 Schematic of PACS flow speed measurement using PAM system. 
Since a focused laser beam was used, we did a phantom experiment to calibrate 
the probe beam size. Let’s review the PACS theory and introduce the formula which is 
suitable for the case of a focused laser beam. In PACS, PACS strength, P(t), is used, 
which is defined in Equation (6.1). As shown in Figure 6.4, when the light-absorbing 
particles pass through the illuminated volume, PA signals are generated. Because the PA 
signal A-line is not exactly the same as P(t), the information of P(t) should be extracted 
from the measured PA signals. Because of the small probe volume from the tight optical 
focus in the PAM system, the average particle number in the probe volume, N, is small, 
equal or less than 1. It is appropriate as a simple start, therefore, to use the peak-to-peak 
PA signal amplitude as P(t), avoiding integration of noise. The calculation of the 
normalized ACF, G(τ), from the P(t) fluctuation has been described in Equation (6.2). 
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The decay profile of the G(τ) reveals the particles’ dwell time in the probe volume and 
the magnitude of G(0) is related to the number density of the beads in the probe region 
[128].  
 
Considering that the focused laser light has a Gaussian distribution in all 
directions: )/2/2/2exp(),,( 20
22
0
22
0
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0 zzryrxIzyxI −−−= , where I0 is the peak 
intensity, x(y) and z are radial and axial position of the laser beam, and r0 and z0 are the 
radial and axial radii. The Gaussian form in deriving the ACF in flow speed measurement 
has been studied in FCS [135]. The PACS concept follows from FCS and thus we can 
simply apply the formula in PACS velocimeter. At the flow speed Vf of tracer particles, 
the ACF can be expressed as  
( )2/exp/1)( fNG τττ −×= ,      (6.4)  
where τf = r0/Vf and N = 1/G(0). 
The PACS probe volume using the PAM setup was calibrated by a phantom 
experiment with known flow speeds, designed from 0.51 to 3.64 mm/s, and particles 
concentration of  φ = 0.2%. The suspended red dyed polybeads (mean diameter: 6.0 µm; 
Polysciences, Inc.) dispersed in distilled water were used. Beads were flowing, driven by 
a syringe pump, in a tubing (Inner Diameter: 250 µm, TSP250350, Polymicro 
Technologies, Phoenix, AZ). We first studied the dependence of the autocorrelation 
decay curves on the flow speeds. Figure 6.5(a) plots the flow time, τf, calculated from the 
fitted autocorrelation curves, versus the designed flow speeds. The flow time becomes 
shorter as the speed increases. As for extracting τf, we acquired the sequential A-line PA 
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signals (repetition rate 2048 Hz for 2 seconds) and the fluctuation of P(t). One example at 
Vf = 1.9 mm/s is plotted in Figure 6.5(b). Then, the ACFs were calculated and fitted using 
Equation (6.1), as shown in Figure 6.5(c). To analyze our data properly, the mean and 
standard deviation of τf are obtained from at least 4 reliable measurements (the  
 
 
Figure 6.5 The dependence of the flow time on the design flow speed. The square 
symbols and the error bars represent the mean flow time and the standard deviations, 
respectively. The solid line is the curve fitting. (b) The A-line signals (Top), its Hilbert 
transform displayed over a 50-dB dynamic range for better contrast (Middle), and the P(t) 
(Bottom). Only the first 0.5 sec is plotted. (c) Calculated and fitted autocorrelation curves 
in dotted and solid lines, respectively.  
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coefficient of determination R2 in the fitting being larger than 0.9) at each flow speed. It 
is assumed that the small R2 may result from the fact that both one and more-than-one 
beads are passing through the probe volume during one measurement, which may cause 
erroneous estimation of τf. Large variations in τf at slower speeds might be due to less 
chance for beads passing through the probe volume in each measurement compared to 
that in the high speed case.  
To obtain the probe radial beam radius, Figure 6.5(a) is fitted using τf = r0/Vf. The 
extracted r0 is 7.47 µm. For axial beam radius, the average value and standard deviation 
of G(0) from all valid measurements is 7.18±1.87, and thus N = 0.14. Note that in ACF 
calculation, the noise in the P(t) estimate was offset to zero for more accurate estimation 
of G(0) [130]. The noise in P(t) after zero-baseline processing results in underestimation 
of τf and N, which can be alleviated by improving signal-to-noise ratio. With known 
sample concentration φ, calculated N, and calibrated r0, the z0 can be estimated as 33.7 
µm using φ = (N×Vbead)/Vprobe, where Vbead is the volume of one bead and the probe 
volume Vprobe = 4/3×πr02z0. Compared to a Gaussian beam calculation, the z0 is smaller, 
which could be due to a limited directivity of the hydrophone. In the flow measurement, 
the Brownian motion can be neglected because flow time τf is much shorter than the 
diffusion time due to Brownian motion, ~several minutes, obtained by a similar analysis 
in section 6.3. 
An in vivo experiment was performed on an 8-day-old chick embryo, as shown in 
Figure 6.6(a). The 8-day- old check embryo was used for its mature capillaries [136]. An 
ex-ovo chick embryo culture method [137] was used for easy experiments. To maintain 
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the life of chick embryo, an infrared lamp was used as a heating resource during the 
experiment. The membrane around the center of the embryo was first imaged by the 
PAM system. From the acquired PA image, the positions of capillaries can be recognized.  
 
 
Figure 6.6 Photograph of an 8-day-old chick embryo. (b) The maximum amplitude 
projection image on x-y plane of the chick embryo. Red crosses: three different positions 
for flow speed evaluation. (c) The A-line signals (Top), its Hilbert transform displayed 
over a 25-dB dynamic range (Middle), and the P(t) (Bottom). (d) Calculated and fitted 
autocorrelation curves in dotted and solid lines, respectively. The fitted τf  = 99 ms.  
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Then, the scanner was positioned so that the probe beam stayed on targeted capillaries for  
PACS flow speed measurements. The 8192 sequential A scans were obtained at a 
repetition rate of 512 Hz for 16 seconds. For the statistical analysis, six reliable 
measurements were used. The data was acquired 40~80 min after the embryo was 
removed from the incubator. Since RBCs must deform to enter the capillaries, the  
RBCs length in the capillaries was considered as 16 µm [138] and thus an effective radial 
beam radius of 10.5 [= (7.472–(6/2)2+(16/2)2)0.5] µm [139] was used for speed 
calculation. The PACS measured flow time is 53±28 ms. Thus, the calculated flow speed 
using the effective beam radius is 199 µm/s [~= (10.5 µm) / (53 ms)], which is close to 
those reported in the literatures [136, 138]. The results confirmed that the PACS 
velocimeter is plausible. Note that without the assumption of RBCs deformation, the 
calculated speed is 141 µm/s, which is slightly slower but is still reasonable considering 
the widely ranged flow speeds in capillaries [140]. Verification of RBCs deformation is 
under investigation. 
To evaluate the variations of capillary blood flow speeds at different capillary 
positions, the same embryo was used for measurements. Similarly, we first took the PA 
image. The maximum amplitude projection image was shown in Figure 6.6(b). Three 
different positions, marked by crosses in Figure 6.6(b), were chosen for evaluation. One 
measured sequential A-line PA signal and its P(t) was shown in Figure 6.6(c). The ACFs 
were shown in Figure 6.6(d).  The measured flow times are 177±70, 188±37, and 136±53 
ms, which are averages from at least four valid measurements for each point. The 
corresponding flow speeds are 59, 56, and 77 µm/s. Results show that the variation of 
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flow speeds in different capillaries is not obvious. Mildly reduced speeds may be due to 
the fact that the data was taken ~150 min after removal of the embryo from the incubator, 
mainly because of the time used for realignment of optical focus for different imaging 
area. The temperature control by the infrared lamp may not be uniform. Thus, as time 
elapsed, flow speeds could decrease due to changes of physiologic parameters such as 
blood pressure.  
 
6.5 Summary 
In summary, a photoacoustic correlation technique for low-speed flow 
measurement has been developed. We have demonstrated that the PACS technique can 
accurately measure the bead flow speed as slow as 14.9 µm/s. The technique has abilities 
to discriminate flow direction and to measure the concentration of solution. PACS for in 
vivo flow measurement of capillaries in an 8-day-old chick embryo has also been 
demonstrated. We calibrated the probe beam size in the PAM system by a blood-
mimicking fluid. PACS is suitable for measuring the capillaries blood speed, which might 
be unattainable by other PA flow speed measurement methods. Combing with the unique 
ability of laser-scanning PAM in 3-D mapping of microvasculature, PACS provides a 
promising tool to monitor the disease process. We are also interested in exploring other 
applications by PACS.  
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Chapter 7 Photoacoustic detection of terahertz 
7.1 Introduction 
Terahertz (THz) electromagnetic (EM) waves, the frequency interval from 0.1 to 
10 THz, is a scientifically rich frequency band since THz waves have unique value for 
imaging, chemical identification, and characterization of electronic and vibrational 
properties of materials. The low photon energies of THz radiation, e.g.: 4 meV @ 1 THz, 
is biologically safe, making it attractive for biomedicine application. The advances in 
THz technology rely on THz sources and detectors. Small and easy to operate THz 
sources and detectors can make THz technology more accessible in real-life applications. 
Some existing schemes for sensitive generation and detection are mostly lab 
based. Much effort has been devoted for developing miniaturized THz sources, such as 
quantum cascade lasers [141] and photomixers [142], but less effort has been dedicated to 
THz detectors. Si-bolometers provide high sensitivity but the convenience is highly 
restricted by the low temperature requirement. Commercially available pyroelectric 
detectors are commonly used for THz sensing. However, a low-frequency modulation is 
required, limiting real-time THz detection. Some other detectors originally developed for 
other spectral bands are often used for THz detection but suffer from much less efficient 
detection of THz radiation.  
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Photoacoustic (PA) imaging has been extensively implemented in biomedicine 
with image contrast provided by optical absorbers, such as hemoglobin and melanoma [2-
3]. Since several materials such as water can absorb THz waves, the PA method can 
serve as a new approach to THz detection. In this work, we explore the potential of the 
PA approach for detecting THz radiation. We briefly introduce the design considerations 
needed to optimize detection sensitivity. Characterization of the PA-based THz detector 
is demonstrated. We also conduct THz imaging of an aluminum foil. The low-cost PA 
technique can significantly benefit THz sensing systems. 
 
7.2 Principle of photoacoustic detection 
As previously discussed, the PA waves are generated when a sample absorbs EM 
radiation. The EM energy causes a temperature rise, resulting in local volume expansion 
by the thermal elastic mechanism. The consequent thermal expansion produces a pressure 
pulse that propagates and can then be detected by ultrasonic hydrophones. Upon 
illumination by a short laser pulse, the amplitude of the initial pressure is described by 
FP aµΓ∝  assuming that all laser energy is converted into heat [143], where 
pCρκβ /=Γ , κ  is the bulk modulus, β  is the thermal coefficient of volume expansion, 
ρ  is the mass density,  pC  is the specific heat capacity, aµ  is the optical absorption 
coefficient, and F  is the optical fluence. The Γ  is determined by the absorber and is 
spectrally independent, while the absorption coefficient is usually spectrally dependent. 
With a fixed spot size and constant pulse width, the THz power at a certain wavelength is 
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proportional to optical fluence, and thus to the initial pressure P  considering the same 
sample used, serving the THz detection mechanism by PA effect. To enable broadband 
detection over the entire THz range, the sample with high absorption over the spectral 
bands of interest is desired. 
Although it is known that THz radiation can be effectively absorbed by water, the 
converted PA signals would be weak due to the high specific heat capacity and the 
moderate coefficient of thermal expansion of water. Previously, we demonstrated carbon 
nanotube (CNT)-polymer composites, comprising CNTs embedded in elastomeric 
polymer, for efficient generation of PA pressure under the excitation of pulsed laser light 
at visible wavelength [105]. CNTs are known for efficient conversion of absorbed light 
into thermal energy [144] because of their high absorption and low specific heat. 
Moreover, the elastomeric polymer, polydimethylsiloxane (PDMS), has been used as an 
acoustic transfer medium, aided by its large thermal expansion coefficient [145]. 
Separately, it has been shown that CNTs are able to achieve extremely high absorption in 
a wide wavelength range, from visible wavelengths to 200 µm [146]. Thus, the CNT-
PDMS composite is attractive absorber for PA detection of THz. Note that PDMS has 
power absorption of ~10 cm-1, and the absorption does not contribute to efficient 
photoacoustic generation [147]. Fortunately, we can optimize the photoacoustic 
conversion by making densely distributed CNTs in thin PDMS films. For example, a low 
absorption of 3.2% can be achieved for a 25 µm-thick PDMS film at 0.5 THz radiation 
[147]. To our knowledge, the PA effect with illumination at THz wavelength has never 
been exploited. 
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Multi-walled CNTs were grown on a fused silica substrate. Thereafter, the PDMS 
was poured to infiltrate the CNTs. Before curing, the composite was pressed with a 
fluorosilane-treated slide glass and a 25 µm-thick spacer was placed in between the 
substrate and the slide glass to roughly control the film thickness. After curing, the 
composite was carefully torn off as a free-standing thin film, in order to avoid either THz 
reflection/absorption or ultrasound attenuation due to the substrate. The process resulted 
in a thin film with dense CNTs, enabling low acoustic attenuation and high THz 
absorption, maximizing the detected PA peak pressure. A scanning electron microscope 
image of the cross-sectional view of the CNT-PDMS composite is shown in right lower 
part in Figure 7.1. 
 
 
 
Figure 7.1 Schematic of experimental setup.  
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7.3 Experimental results and discussion 
We placed the composite on a highly sensitive microring ultrasonic hydrophone. 
The working principles and the systems of microring ultrasonic detectors can be found in 
our previous publications [19, 22, 24]. The gel was put between the composite and 
detector to enable ultrasound coupling. A schematic of the experimental setup is shown in 
Figure 7.1. A two-color air ionization scheme, requiring a femtosecond laser with mJ-
energy pulses [148-149], is used to generate a broadband radiation covering THz to mid-
infrared. A silicon wafer was used to remove the short wavelengths of the femtosecond 
laser while a low-pass filter (LPF 10.9, Tydex, Peterburg, Russia) was added to obtain 
pulses with frequencies less than 6 THz at –6 dB and with cutting frequencies at ~11 
THz. The THz radiation is focused by a parabolic metal mirror (f = 5.08 cm). The PA-
based THz detector, including the absorber and microring resonator, was mounted on a 
three-dimensional translation stage and aligned at the focus of the THz radiation. The PA 
signals were recorded by a digital oscilloscope (WaveSurfer 452, LeCroy, Chestnut 
Ridge, New York) with a sampling rate of 1 GHz.  
We used a microring ultrasonic detector (diameter: 90 µm) [22]. The device’s 
transmission spectrum is shown in Figure 7.2(a). In this measurement, the THz beam was 
focused to a size of about 0.8 mm. The illuminated THz power was calibrated with a 
pyroelectric detector (THZ5I-MT-BNC, Gentec-EO, Quebec, QC, Canada) and a lock-in 
amplifier. Its sensitivity from the manufacturer is 70 kV/W. The detected average PA 
signals were recorded. Figure 7.2(b) shows the time-domain signals at the calibrated 
average THz power of 7 µW. Considering a 500 Hz pulse repetition rate, the laser energy  
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Figure 7.2 (a) Optical transmission spectrum of a polymer microring resonator. (b) The 
time-domain photoacoustic signal excited by THz pulses. 
and fluence of one pulse are 14 nJ and 2.8 µJ/cm2 [=(14 nJ)/(π(0.8/2)2 mm2)], 
respectively. The measured peak-to-peak voltage is 9.9 mV, corresponding to a 
sensitivity of 1.4 mV/µW. We also demonstrated the real-time detection of one THz 
pulse. Figure 7.3 shows the time-domain PA signal excited by one THz pulse without  
 
 
Figure 7.3 The time-domain photoacoustic signal excited by one THz pulse. 
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signal averaging. With known sound speed of gel (~ 1500 m/s), a 0.9 mm distance 
between the CNT-PDMS composite and the microring can be obtained. The detector 
response time is limited by a combination of the time required to generate a 
photoacoustic signal, the time for the ensuing propagation, and the detected acoustic 
impulse response. In our current setup, the propagation time dominates, resulting a ~0.6 
µs response time, which can be enhanced further by putting the CNT-PDMS composite 
closer to the microring. Such real-time detection is difficult by the pyroelectric detector 
because it usually operates at low frequency (several to tens of Hz) and then takes a long 
time for the following lock-in amplifier gets stabilized (several to tens of seconds) to 
acquire the power value.  
The THz detector by photoacoustic method has also been used for imaging 
demonstration. A photograph of the sample, an aluminum foil with cut out patterns 
attached on a visually transparent tape, is shown in Figure 7.4(a). As shown in Figure 
7.4(b), the samples were mounted on a x-z stage and scanned through the position 
slightly prior to focus generated by a parabolic mirror with f = 5.08 cm focal length. 
Figure 7.4(c) shows the measurement by photoacoustic detection, where as Figure 7.4(d) 
is a reference image taken with the pyroelectric detector. Both methods are able to clearly 
image the aluminum pattern. In Figure 7.4 (c), the sensitivity is slightly decreasing from 
left to right due to changing sensitivity of microring detectors. The resonance wavelength 
of microring is also sensitive to environmental change, such as temperature variation. 
Thus, the sensitivity changes for a fixed operation wavelength. Fortunately, the issue can 
be easily solved by tuning wavelength to similar slope in transmission spectrum, e.g.: 
similar sensitivity, during imaging acquisition. In Figure 7.4(d), a slightly lower THz  
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Figure 7.4 (a) A photograph of a sample of aluminum foil. (b) Schematic of experimental 
setup for THz imaging. Scanned images: (c) taken with the PA THz detector, (d) taken 
with the pyroelectric detector. One-dimensional images: (e) taken along x direction, (f) 
taken along z direction. 
transmission through the tape than that through the air can be observed in the image. One 
interesting finding is that photoacoustic detection measured lower signals on the 
boundary of the tape and the air, while pyroelectric detection does not. This might be 
because THz beam scattered on the boundary, resulting in lower energy density. 
Photoacoustic method detects fluence (spatial energy density), while the pyroelectric 
detector measures the power inside its aperture. In this case, the pyroelectric detector has 
an aperture of 5 mm, which is larger than the THz beam size, as will be described below. 
Thus, it can still detect the scattered power. The exact reason is under investigation. The 
resolution for both images is restricted by the step size for the scanning and is 1 mm in 
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each direction. Figure 7.4(e) and (f) shows the THz image in one dimension with a 
resolution of 0.2 mm in each direction. It can be clearly seen that the two methods have 
good agreement. For quantitative analysis, we perform a convolution of a THz Gaussian 
beam and a THz transmission function, produced by the aluminum sample, to fit the one-
dimensional images. The width of THz transmission function is measured as 4.5 and 4.4 
mm along x and z, respectively. By the convolution fits, we can extract the THz beam 
size are 1.9 and 2.2 mm in x and z direction, respectively. Beam size is defined at the 
point where the intensity equals e-2 times the peak intensity. Note that one pixel by the 
pyroelectric detector with lock-in amplifier takes several to tens of seconds. The 
proposed photoacoustic detection has potential for real-time pulsed THz imaging. 
 
7.4 Summary 
To conclude, we used the photoacoustic effect for THz sensing. Using a CNT-
PDMS composite as a photoacoustic absorber combined with the on-chip microring 
hydrophone, a small-size THz detector can be realized. The sensitivity of PA-based THz 
detector was calibrated. We also showed its ability for real-time detection, which is 
challenging by the pyroelectric detector. The application to THz imaging is also 
demonstrated. The THz detector using photoacoustic technique offers unique advantages 
such as room temperature operation, small size, on-chip design for easy integration, rf 
immunity, low manufacturing cost, and µs detection, which could be beneficial in various 
THz applications. Further improvement of sensitivity would be possible by reduction of 
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specular reflection of the CNT-PDMS sample [150], increasing the Q-factor of the 
microring resonator, making the composite as a form of acoustic lens [21].  
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Chapter 8 Conclusions and future work 
8.1 Conclusions 
The goal of this work is to explore exciting photoacoustic (PA) applications by 
taking advantage of microring ultrasonic sensors. Previously, piezoelectric detectors are 
commonly used in most photoacoustic applications. The state of the art piezoelectric 
detectors have several limitations. First, the detection sensitivity depends on element size. 
Thus, the element size is usually larger than 2 mm to achieve reasonable signal-to-noise 
ratio (SNR). Second, the large element size results in narrow acceptance angles. Third, 
the narrow bandwidth, from 60% to 150%, degrades the performances in photoacoustic 
imaging and detection. 
The thesis presents a series of photoacoustic imaging and detection using optical 
microring resonators. Each application utilizes different advantages of microring 
resonators to provide outstanding performance. The characteristics of each application 
are summarized in Table 8.1. Chapter summaries with key contributions are also 
described below: 
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Applications 
Utilized advantages 
of microrings 
Enhanced performance  
by microrings 
PAT 
(1) High sensitivity; 
(2) Wideband; 
(3) Wide directivity 
(1) Multi-scale imaging; 
(2) High resolutions over a large region of 
interest 
PAM 
(1) High sensitivity; 
(2) Wideband 
(1) High imaging depth; 
(2) High axial resolution 
PACS High sensitivity Ability to detect signals from single cells 
PAE 
(1) High sensitivity; 
(2) Miniaturized size 
(1) High imaging depth; 
(2) Suitable for imaging internal organs 
PA for THz High sensitivity Sensitive detection 
Table 8.1 The characteristics of each application using microring ultrasonic sensors. 
 
In Chapter 2, several unique merits of microring ultrasonic sensors have been 
calibrated. In our latest generation of microring resonators with diameter of 60 µm, the 
noise-equivalent pressure (NEP) was about 21.4 Pa over 1 MHz to 75 MHz. The 
measured detection bandwidth was over 90 MHz at –3 dB. For a 60 µm element size, the 
detection angle was calibrated as +/− 40° at –6 dB for a 20 MHz acoustic signal. As a 
comparison, a 75 µm piezoelectric polyvinylidene fluoride hydrophone (HPM075/1, 
Precision Acoustics, Dorchester, Dorset, United Kingdom) has an NEP around 6 kPa 
over a 100 MHz bandwidth considering only the noise from its matched preamplifier 
(HP1, Precision Acoustics). With similar detection bandwidth and element size, 
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microring resonators are much more sensitive, which is favorable for in vivo 
photoacoustic applications. 
The main contributions of this work are: 
1. Experimental calibration of microring’s sensitivity and low NEP, 21.4 Pa over 1 
MHz to 75 MHz. 
2. Experimental calibration of microring’s wideband response, over 90 MHz at –3 
dB. 
3. Experimental calibration of microring’s angular response, +/− 40° at –6 dB for a 
20 MHz acoustic signal for a 60 µm microring. 
 
In Chapter 3, we have performed photoacoustic tomography (PAT) imaging 
experiments using microring resonators. Piezoelectric detectors have difficulties to 
achieve high sensitivity, wide bandwidth, and wide directivity simultaneously. These 
characteristics are required to obtain good PAT imaging quality. Microrings possess these 
characteristics, as described above. The high sensitivity of microrings enables PAT 
imaging with sufficient SNR at low laser fluence. Besides the sensitivity, we 
demonstrated the ability to image different scales of objects owing to the exceptionally 
wide bandwidth, which can potentially be used in imaging multi-scale vasculatures or 
tissues. In addition, utilizing the wide acceptance angle and wide bandwidth of 
microrings, the uniform high resolution in PAT over a large imaging area has been 
produced. Numerical simulation to evaluate the resolution as a function of microring’s 
sizes at different imaging positions has also been plotted. Following the simulation work, 
the improved experimental PAT images were clearly depicted. 
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The major portion of the work contained in Chapter 3 were published in Journal 
of Biomedical Optics and IEEE Transactions on Ultrasonics, Ferroelectrics, and 
Frequency Control, and presented at 2009 SPIE Photonics West. The relevant citations 
are: 
Ø S.-L. Chen, T. Ling, and L. J. Guo, “Low-noise small size microring ultrasonic 
detectors for high resolution photoacoustic imaging,” Journal of Biomedical 
Optics, vol. 16, 056001, 2011.  
Ø S.-L. Chen, S.-W. Huang, T. Ling, S. Ashkenazi, and L. J. Guo, “Polymer 
microring resonators for high-sensitivity and wideband photoacoustic imaging,” 
IEEE Transactions on Ultrasonics, Ferroelectrics, and Frequency Control, vol. 56, 
pp. 2482-2491, 2009.  
Ø S.-L. Chen, S.-W. Huang, T. Ling, S. Ashkenazi, and L. J. Guo, “Wideband 
photoacoustic tomography using polymer microring resonators,” Proc. SPIE 
7177, 71772B, 2009.  
The main contributions of this work are: 
1. Demonstrated the significantly improved imaging quality of PAT using microring 
detectors. 
2. For high-sensitivity photoacoustic imaging, a 49 µm black bead was imaged at a 
low laser fluence of 0.35 mJ/cm2 using good microring resonators. Compared 
with our previous results using poor microring resonators, a high laser fluence of 
112 mJ/cm2 was needed to obtain good SNR. 
3. For wideband PAT, we compared the imaging performance of black beads using 
microring resonators and piezoelectric detectors. The former was able to faithfully 
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detect both the boundaries and the inner structure. Piezoelectric detectors can only 
preserve one of the two aspects. Moreover, a high resolution of 12.5 µm was 
obtained by microrings because of their wideband response. 
4. For high-resolution PAT over a large imaging area, we compared the imaging 
performance of black beads using 40 µm microring resonators and 500 µm 
piezoelectric detectors with similar NEP and wideband response. In imaging 50 
µm black beads, microrings produced high-resolution imaging over a 16-mm-
diameter imaging area while the 500 µm piezoelectric detectors only obtained 
high-resolution imaging over a small area around the scanning center. 
 
In Chapter 4, we demonstrated pure optical photoacoustic microscopy (PAM) 
based on the microring resonators. Piezoelectric detectors have difficulties to achieve 
high sensitivity and wide bandwidth simultaneously. These characteristics are important 
to obtain good PAM imaging quality. Microrings are good candidates in PAM 
applications. The in vivo and ex vivo PAM imaging using microrings were conducted for 
the first time. By taking advantage of the high sensitivity and wideband response of 
microrings, the good imaging SNR and high resolutions were obtained. With the pure 
optical system, the individual red blood cells can be discerned more clearly because of a 
much higher axial resolution of 8 µm. As a comparison, an Onda hydrophone with 
similar NEP produced a similar SNR but low axial resolution of 105 µm due to its very 
limited bandwidth. We also theoretically analyzed a maximum ultrasound modulation 
frequency of 570 MHz for 1.4-µm-thick microring resonators. 
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The major portion of the work contained in Chapter 4 was published in Optics 
Express. The relevant citation is: 
Ø Z. Xie,+ S.-L. Chen,+ T. Ling,+ L. J. Guo, P. L. Carson, X. Wang, “Pure optical 
photoacoustic microscopy,” Optics Express, vol. 19, pp. 9027-9034, 2011. (+: Equal 
contribution) 
The main contributions of this work are: 
1. Microring ultrasonic resonators were applied to in vivo photoacoustic imaging for 
the first time. 
2. The high axial resolution of 8 µm was obtained using pure optical PAM based on 
microring resonators, while a commercial hydrophone produced a low axial 
resolution of 105 µm. 
 
In Chapter 5, photoacoustic endoscopy based on microrings was demonstrated. 
The sensitivity of piezoelectric detectors decreases as their element size decreases. We 
can potentially make the microring device less than 1 mm for endoscopic photoacoustic 
applications without sacrificing the sensitivity. In this work, we have fabricated a 5-mm-
diameter probe including a fiber to deliver 532 nm pulsed laser and a microring detector 
on a fused silica transparent substrate. A high radial resolution of 21 µm was obtained by 
imaging a 6 µm carbon fiber. As a comparison, other types photoacoustic probes based 
on piezoelectric detectors achieved a radial resolution of around 40 µm or larger.  
The major portion of the work contained in Chapter 5 was presented 2011 SPIE 
Photonics West. The relevant citation is: 
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Ø S.-L. Chen, T. Ling, H. W. Baac, and L. J. Guo, “Photoacoustic endoscopy using 
polymer microring resonators,” Proc. SPIE 7899, 78992T, 2011.  
The main contributions of this work are: 
1. Developed a fabrication process of microrings on fused silica substrates. 
2. A 5 mm miniaturized probe capable of photoacoustic excitation and detection 
were fabricated. The high radial resolution of 21 µm was higher than other types 
of endoscopic photoacoustic probes. 
 
In Chapter 6, we proposed a photoacoustic correlation spectroscopy (PACS) 
technique. Current blood velocimeters such as laser Doppler velocimetry and 
optical/ultrasound particle image velocimetry have limited sensitivity and resolution, 
restricting their applications to measure blood flow speed in capillaries. We expected that 
PACS was able measure it. PACS was motivated from fluorescence correlation 
spectroscopy to obtain dynamic information from light-absorbing particles. As a proof-
of-concept experiment, we first showed the PACS application to low-speed flow 
measurement, ~15 µm/s. The high sensitivity of microring resonators enabled high SNR 
from tracer particles. As a practical application of PACS, we demonstrated in vivo flow 
speed measurement of capillaries in a chick embryo model. The work suggests a fairly 
simple method to measure flow speeds of capillaries. Other techniques might have 
difficulties to measure blood speed in capillaries due to the low signal contrast and/or 
poor resolutions. 
The major portion of the work contained in Chapter 6 were published in Optics 
Letters and presented at 2010 SPIE Photonics West. The relevant citations are: 
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Ø S.-L. Chen,+ Z. Xie,+ P. L. Carson, X. Wang, L. J. Guo, “In vivo flow speed 
measurement of capillaries by photoacoustic correlation spectroscopy,” Optics 
Letters, vol. 36, pp. 4017-4019, 2011. (+: Equal contribution)  
Ø S.-L. Chen, T. Ling, S.-W. Huang, H. W. Baac, and L. J. Guo, “Photoacoustic 
correlation spectroscopy and its applications to low speed flow measurement,” Optics 
Letters, vol. 35, pp. 1200-1202, 2010. 
Ø S.-L. Chen, T. Ling, S.-W. Huang, H. W. Baac, Y.-C. Chang, and L. J. Guo, 
“Photoacoustic correlation technique for low-speed flow measurement,” Proc. SPIE 
7564, 75642I, 2010.  
In addition, this work has been selected for publication in the Virtual Journal for 
Biomedical Optics: 
Ø Optics Letters, vol. 36, pp. 4017-4019, 2011.  
Ø Optics Letters, vol. 35, pp. 1200-1202, 2010. 
The main contributions of this work are: 
1. Proposed a photoacoustic correlation spectroscopy technique for the first time. 
2. Demonstrated low-speed flow measurement of 15 µm/s by the PACS technique. 
3. Demonstrated the PACS technique for in vivo blood flow speed measurement in 
capillaries in a chick embryo model. Other techniques might have difficulties to 
measure blood speed in capillaries due to the low signal contrast and/or poor 
resolutions. 
 
In Chapter 7, terahertz (THz) detection by the photoacoustic method is 
implemented by combing a highly efficient photoacoustic transmitter, carbon nanotube-
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polydimethylsiloxane composite, and the highly sensitive microring resonators. A 
bolometer and a pyroelectric detector are commonly used to measure THz power. 
However, the former requires low temperature operation, resulting in high costs for 
cooling, and the latter operates at low modulation frequency, limiting real-time detection. 
We calibrated the sensitivity as 1.4 mV/µW of PA-based THz detector. Besides, we 
showed its feasibility for real-time THz detection. THz imaging by PA-based detection 
and pyroelectric detection are also compared. The PA-based THz detector provides 
several advantages such as small size, operation at room temperature, fast response on the 
order of µs.  
The major portion of the work contained in Chapter 7 was in preparation and will 
be submitted. The relevant citation is: 
Ø S.-L. Chen et al., “Photoacoustic detection of terahertz,” in preparation. 
The main contributions of this work are: 
1. Proposed a new approach to THz detection. 
2. Calibrated the sensitivity of PA-based THz detector as 1.4 mV/µW.  
3. Demonstrated its feasibility for real-time THz detection, which is difficult by a 
bolometer or a pyroelectric detector. 
4. Compared THz imaging by PA-based THz detector and pyroelectric detector and 
obtained similar images. 
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8.2 Future work 
8.2.1 Multi-scale photoacoustic imaging 
Microrings, with the unique merit of broadband response, enable the imaging of 
various sizes of objects, which generate different photoacoustic frequencies. Obviously, 
the imaging-depth limit is dependent on object sizes, i.e. frequencies. To quantitatively 
evaluate the frequency-dependent penetration for photoacoustic imaging using our low 
noise and wideband microring detectors, the acoustic pressure as a function of depth and 
frequency are analyzed. We adopt a reflection-mode photoacoustic setup in the 
evaluation. The noise-equivalent pressure (NEP) of microrings is about 20 Pa over a full 
bandwidth. Consider a blood-like water-based object with an effective optical absorption 
coefficient of 1cm 5 −=bloodeffµ  (typical for blood at 800 nm wavelength) embedded in a 
normal water-based tissue with an effective optical absorption coefficient of 
1cm 1 −=tissueeffµ . The acoustic pressure at bands of 0.5fc to 1.5fc at the detector surface, 
generated by light absorption in the object at a depth z, is given by 
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(8.1) 
where J0 = 20 mJ/cm2 is the surface optical fluence, R is the object radius, c = 1500 m/s is 
the sound speed, β = 360×10–6 K–1 is the thermal expansion coefficient, CP = 4.2 kJ/kg/K 
is the specific heat capacity, a = 5 dB/cm/MHz is the ultrasound attenuation in the tissue, 
and k is a scaling factor due to a 100% bandwidth, instead of full bandwidth, used. Note 
that to match the different frequency bands, different object radius R = c/(3fc) as a 
function of central frequency is used. At this relation, k is a constant of 0.50. Figure 8.1  
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Figure 8.1 Acoustic pressure as a function of depth and frequency bands. Microring’s 
NEPs are also plotted for comparisons.  
shows the fusion plot of microring’s NEPs as a function of frequency only and acoustic 
pressure as a function of depth and frequency. From Figure 8.1, we can obtain the 
imaging depth at different frequency bands, as shown in Figure 8.2. The results show the 
multi-scale capability of microrings, which means that with a single device, high 
resolution can be achieved at small imaging depth and capturing the high frequency 
components; and high imaging depth can be achieved due to flat response at low 
frequency. 
 
 
NEP of microring  
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Figure 8.2 Imaging depth as a function of different frequency bands. 
 
8.2.2 Improved probe for photoacoustic endoscopy  
We have demonstrated an integrated probe in Chapter 6 using microrings on 
transparent substrates and a fiber to deliver excitation light source. We have done the  
preliminary calibration for the imaging purpose. To improve the probe for more clinical 
application, more advanced design such as fast imaging capability and further reduction 
of size are needed. For the former, a mechanical micromotor to rotate a mirror is very 
promising to replace rotary scanning of the whole device. The imaging method in most 
photoacoustic endoscopy scans the laser on the region of interest. Mirror rotation using a 
micromotor can effectively increase the speed by quickly scanning the laser light. For the 
latter, currently the device size is limited by the fact that two fibers are needed to access 
the input and output bus waveguides of microring resonators. To use only one fiber as 
input and output, the circulator is one potential solution. Other than faster scanning and 
smaller size, this dual imaging modality can be equipped to acquire complementary 
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information. For example, pulse-echo ultrasound imaging can provide the anatomical 
details. Combining with the functional information from photoacoustic imaging, the 
multimodality imaging by such probe are quite useful for disease diagnosis and image-
guided treatment. Therefore, further study which can shape the probe into more practical 
application is desired. 
 
 
8.2.3 Very high frequency calibration of microrings  
 In Chapter 4, we demonstrated that the theoretical limit of detector’s frequency 
response can be up to sub GHz. However, the calibration of several hundreds of MHz is 
challenging due to fabrication difficulties of such high-frequency transducers. 
Photoacoustic method may provide a opportunity to generate sub-GHz acoustic signals 
[151]. To generate such high frequencies, a short laser pulse is required. For example, to 
generate more than 500 MHz signals, the laser pulse should be less than 1 ns. A thin film 
absorber may be good for the calibration. Assuming a uniform absorption by a water-
based thin film, Figure 8.3 shows the generated frequency spectrum with different pulse  
durations and film thickness. Besides, a close distance between the absorber and  
microring detectors is required to minimize the high-frequency attenuation. Microring’s 
ability to detect sub-GHz ultrasound can find applications in either biomedical imaging or 
testing industry. 
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Figure 8.3 Generated frequency spectrum by absorbers with film thickness of 2, 1, 0.5 
µm and the pulsed laser with durations of (a) 2 ns, (b) 1 ns, and (c) 0.5 ns, respectively. 
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